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Abstract 
Imaging in the presence of subject motion has been an ongoing challenge for 
magnetic resonance imaging (MRI). Motion makes MRI data inconsistent, causing 
artifacts in conventional anatomical imaging as well as invalidating diffusion 
tensor imaging (DTI) reconstruction. In this thesis some of the important issues 
regarding the acquisition and reconstruction of anatomical and DTI imaging of 
moving subjects are addressed; methods to achieve high resolution and high signal-
to-noise ratio (SNR) volume data are proposed. 
 
An approach has been developed that uses multiple overlapped dynamic single shot 
slice by slice imaging combined with retrospective alignment and data fusion to 
produce self consistent 3D volume images under subject motion. We term this 
method as snapshot MRI with volume reconstruction or SVR. The SVR method 
has been performed successfully for brain studies on subjects that cannot stay still, 
and in some cases were moving substantially during scanning. For example, awake 
neonates, deliberately moved adults and, especially, on fetuses, for which no 
conventional high resolution 3D method is currently available. Fine structure of the 
in-utero fetal brain is clearly revealed for the first time with substantially improved 
SNR. The SVR method has been extended to correct motion artifacts from 
conventional multi-slice sequences when the subject drifts in position during data 
acquisition.  
 
Besides anatomical imaging, the SVR method has also been further extended to 
DTI reconstruction when there is subject motion. This has been validated 
  
successfully from an adult who was deliberately moving and then applied to in-
utero fetal brain imaging, which no conventional high resolution 3D method is 
currently available. Excellent fetal brain 3D apparent diffusion coefficient (ADC) 
maps in high resolution have been achieved for the first time as well as promising 
fractional Anisotropy (FA) maps. 
 
Pilot clinical studies using SVR reconstructed data to study fetal brain development 
in-utero have been performed. Growth curves for the normally developing fetal 
brain have been devised by the quantification of cerebral and cerebellar volumes as 
well as some one dimensional measurements. A Verhulst model is proposed to 
describe these growth curves, and this approach has achieved a correlation over 
0.99 between the fitted model and actual data. 
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Chapter 1 
Introduction 
1.1 Motivation 
Magnetic Resonance Imaging (MRI) has proved to be one of the most important 
and valuable imaging modalities that produce high quality clinical images in a non-
invasive way. MRI of the central nervous system (CNS), especially the brain, is 
attracting the most interest both anatomically and functionally. Despite many well-
established MR techniques targeting various pathologies, technical obstacles 
remain in certain situations, for example, imaging subjects under motion. 
 
Imaging in the presence of subject motion has been an ongoing challenge for MRI. 
Motion makes MRI data inconsistent, causing artifacts such as aliasing in 
conventional multi-shot imaging methods. Some ultra-fast imaging sequences like 
the single-shot Turbo Spin Echo (ssTSE) (Listerud et al., 1992) and Echo-Planar 
Imaging (EPI) (Mansfield, 1977) have been invented to achieve rapid image 
acquisition. Generally, they have been very successful in acquiring motion-free two 
dimensional (2D) images as the entire acquisition for a 2D slice can be reduced to 
less than a second, thus any in-plane motion can be frozen. However, series of 
these 2D images are often not self-consistent in space, therefore, it is not possible 
to review this stack of images from other orientations or perform some volumetric 
studies.  
 
During standard MR scanning, especially brain examinations, the patient is 
normally required to keep still. However, this is onerous for patients with specific 
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diseases, e.g., dementia, especially when scanned with sequences that require 
several minutes’ acquisition. Moreover, it is also very difficult for the pediatric 
patients to keep still without sedation. Even with sedation, those patients especially 
the neonates may be disturbed or woken up by noisy scanning sequences.  
 
Most specifically, in-utero fetal MR imaging is very vulnerable to both the 
unintentional motion of the fetus itself and the mother’s respiration. Therefore, 
although highly desirable, there is currently no imaging technique from any 
imaging modality that can achieve high resolution volumetric imaging of the fetal 
brain. 
 
Besides anatomical MR imaging, motion will also cause severe problems to 
functional imaging. For instance, motion can invalidate diffusion tensor estimation 
in Diffusion Tensor Imaging (DTI) (Stejskal and Tanner, 1965). Motion will also 
bring error in functional MRI (fMRI) parameter estimation (Hajnal et al 1994, 
Friston et al., 1998), especially when there is intra-volume motion. 
 
1.2 Thesis Outline 
In this thesis, an approach to acquisition and reconstruction of anatomical and DTI 
MR imaging suitable for use on moving subjects is developed; methods to achieve 
high resolution and high SNR volume data are proposed. They have been applied 
successfully for brain studies on subjects that cannot stay still; and in some cases 
were moving substantially during scanning. For example, awake neonates, 
confused or distressed adults and, especially fetuses, for which no conventional 
high resolution 3D method is currently available. 
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Chapter 2 introduces basic concepts of MRI essentially for the research work 
described in this thesis. The concepts and terminology used in MRI are covered 
and the principles of sequences that have been used in this study are discussed.  
  
Chapter 3 reviews the development of in-utero fetal MRI. Various sequences 
targeting different imaging contrast are covered. Beyond the well established T2 
weighted imaging technique, previous studies on the diffusion weighted imaging 
(DWI), diffusion tensor imaging (DTI) and fMRI of fetal brain are particularly 
discussed. At the end of this chapter, some remaining challenges are described.  
 
Chapter 4 details a novel method called the snapshot MRI with Volume 
Reconstruction or SVR that I developed to image moving subjects at high 
resolution and high SNR. This method has been validated on both neonatal and 
adult synthesized data, and then successfully performed on all 22 fetal subjects that 
were included in this study. Fine structure of the in-utero fetal brain is clearly 
revealed for the first time and substantial signal-to-noise (SNR) improvement is 
realized by having many individually acquired slices contribute to each voxel in the 
reconstructed image. Besides, this method has been performed successfully on all 
neonatal subjects that were scanned awake and moving extensively. 
 
Chapter 5 extends the SVR method to correct motion artifacts from conventional 
multi-slice sequences when the subject drifts in position during data acquisition. A 
common problem with multi-slice acquisitions occurs when the subject drifts in 
position during the acquisition. This can result in images that are relatively free 
from motion artefacts, but nonetheless do not quite align with one another to 
produce a self consistent volume. The SVR method can adapted to a more general 
case allowing self consistent volume data to be obtained in brain studies which 
would otherwise fail. This method has been tested successfully on all 11 neonatal 
subjects as well as 6 adult patients. 
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Chapter 6 extends the SVR method further to DTI of moving brains, especially 
the in-utero fetal brain. Rigorous validation is performed first on adult volunteers 
and the results found to be in good agreement with the gold standard result when 
the subjects stay still. Then, it has been performed on 8 fetal subjects, for which no 
effective conventional diffusion tensor imaging method is currently available. The 
results allow fine structure to be clearly revealed in ADC maps and promising 
results were achieved for FA maps, potentially providing a means of systematically 
monitoring microstructural development of the in-utero fetal brain for the first time. 
 
Chapter 7 presents clinical quantification studies performed on in-utero human 
fetal brain development using the high resolution volumetric reconstruction with 
SVR. Growth curves for the normally developing fetal brain have been devised by 
quantifying cerebral and cerebellar volumes as well as one dimensional 
measurement like the head circumference (HC), biparietal diameter (BPD) and 
transverse cerebellar diameter (TCD), etc.. A Verhulst model has been first 
proposed here to depict the in-utero human brain development between gestational 
age 19 week to 41 weeks with dramatically high correlation of over 0.99. 
 
Chapter 8 provides a summary of the previous chapters and discusses the 
contributions of this thesis as well as areas of future research.  
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Chapter 2 
Background Theory of MRI 
2.1 Introduction 
Magnetic resonance imaging is of immense use in clinical practice for producing 
anatomical and functional images to aid diagnosis as a powerful non-invasive 
medical imaging technique. Bloch and Purcell discovered the nuclear magnetic 
resonance phenomenon independently in 1946 (Bloch et al., 1946) (Purcell.E.M. et 
al., 1946). Its use in image formation was not demonstrated until 1973 (Lauterbur, 
1973) (Mansfield and Grannell, 1973) but by the early 1980s diagnostically useful 
images were being produced (Steiner, 1983). In this chapter I introduce the basic 
principles of magnetic resonance imaging which can be found in a number of texts, 
e.g. (Haacke et al., 1999),(Foster and Hutchison, 1987),(Farrar and Becker, 1971). 
Then, a number of sequences, which have been used to acquire data for various 
facets of this work, are detailed. Principles of Diffusion Tensor Imaging (DTI) are 
briefly reviewed as well. 
 
2.2 The MR Signal 
2.2.1 Spin 
Spin can be classically considered as the rotation of the proton about its own axis. 
It combines with charge to give a magnetic moment and with mass to give angular 
momentum, components necessary to generate a magnetic resonance signal. The 
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quantum number I denotes the nuclear spin of a nucleus (Blatt, 1992). Nuclei with 
an odd number of protons or neutrons have a non-zero net spin and can be 
manipulated to generate an MR signal. Hydrogen is one such nucleus, with only a 
single proton and has a nuclear spin of ½. It is highly abundant in the human body 
and has the largest magnetic moment of any stable nucleus, making it the most 
commonly studied.  
 
2.2.2 Quantum Energy Levels 
From quantum mechanical theory (Blatt, 1992), the eigenfunctions describing the 
possible energy levels of the nucleus are degenerate in the absence of an external 
magnetic field. However, when an external magnetic field B0 is applied, a nucleus 
with nuclear spin I can populate 2I+1 possible energy levels, as illustrated in figure 
2.1. 
 
These energy levels are equally spaced with separation: 
I
B.E 0µ=∆                 Equation 2.1 
 
Here µ is the nuclear magnetic moment given by: 
I.?γµ =                 Equation 2.2 
 
where ?  is Planck’s constant, 6.626x10-34Js, divided by 2π and γ is the 
gyromagnetic ratio, a constant for a given nucleus.  Combining equations 2.1 and 
2.2 gives: 
0B.E ?γ=∆                 Equation 2.3 
 
It is obvious that as the external field strength is increased, the energy difference 
between the two states is increased. From the Bohr relation, the frequency of 
radiation required to induce a transition between adjacent states is: 
00 B.γω =                 Equation 2.4 
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Here ω0 is termed the resonant frequency. Since I = ½ for hydrogen, there are two 
possible energy levels to populate with the lower energy level corresponding to the 
spin state +½. The gyromagnetic ratio of hydrogen is 42.56MHzT-1. Therefore, the 
radiation required to induce a transition between the two states lies in the radio-
frequency (RF) region of the electromagnetic spectrum.  
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Figure 2.1: Quantised energy levels 
 
This energy level diagram shows the quantised states which can be populated by protons in 
nuclei such as hydrogen which have nuclear spin I of ½, leading to two possible energy levels 
corresponding to the quantum number mz taking the values  –I and I. The energy separation 
of the two states increases with the strength of the external magnetic field, B0.  A slight excess 
populates the lower energy state, approximately 3p.p.m. per Tesla for hydrogen. When a 
sufficiently large population is studied, as is the case in the human body, the excess generates 
an appreciable net magnetisation, and subsequent MR signal. 
 
 
2.2.3 Macroscopic Bulk Magnetisation 
At equilibrium in a static field B0, the nuclei are distributed among the energy 
levels according to a Boltzman distribution and the excess that occupy the lower 
energy level can be given by: 
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)e(NNNN kT/oB excess
?γ−+−+ −=−= 1             Equation 2.5 
 
This distribution slightly favors the lower energy state, by approximately 3 parts 
per million (ppm) per Tesla for hydrogen. The large numbers of protons present in 
the human body leads to a net macroscopic magnetisation at equilibrium which is 
referred to as the bulk magnetisation, M0: 
excesso N.M µ=                Equation 2.6 
 
This net magnetisation is the vector sum of the constituent moments and is oriented 
along the main axis of the external field, by convention defined as being along the 
z-axis. It can be seen from equations 2.5 and 2.6 that the bulk magnetisation 
increases with increasing field strength.  
 
2.2.4 Precession and the Larmor Frequency 
In the classical description, when an external magnetic field is applied, some of the 
protons of a population will align parallel to the field while some will align anti-
parallel. Therefore, there will be a net excess aligned with the external field. From 
classical mechanics, if there is a net magnetisation aligned at any angle θ to an 
external magnetic field, B0, then the torque exerted by B0 will cause the moment to 
precess about the direction of the field at a frequency given by the Larmor equation: 
oo Bγω =                 Equation 2.7 
 
This is the same frequency as that of the radiation required to induce a transition 
between the quantised energy states of the nucleus. 
 
2.2.5 Generating the MR Signal 
Energy in the RF region of the electromagnetic spectrum is required to cause a 
state transition and excite spins from the lower energy level to the higher energy 
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level. This is achieved by the application of an RF field, termed B1, orthogonal to 
B0. Energy will be absorbed from this field when the resonant condition of the 
moments is satisfied, i.e. when ωRF = ω0. The power of the RF pulse determines the 
statistical average number of protons that will undergo an energy level transition. 
After the system has been disturbed in such a way and the population distribution 
between the two states has been altered, a return to equilibrium will be achieved 
through relaxation processes which are governed by characteristic time constants, 
and by the emission of electromagnetic radiation. This is the MR signal. 
 
 
 
Figure 2.2: Precession path in the laboratory frame of reference 
 
From the classical description, the magnetisation can be rotated into the transverse plane by 
the application of a 900 RF pulse, the B1 magnetic field. In the laboratory frame of reference 
the B1 field is rotating in the X-Y plane. The field exerts a torque on the bulk magnetisation, 
M0, which maps out a complex path, comprised of a fast precession about B0 and a slower 
precession about B1, causing it to spiral down towards the X-Y plane. The dashed blue lines 
show snapshots of the orientation of the magnetisation during the application of the RF pulse. 
The solid blue line shows the final orientation of the magnetisation vector in the transverse 
plane after the application of the RF pulse. Figure obtained from (Callaghan, 2005) 
 
 
 
Classically, the applied B1 field will exert a torque on the spins causing a rotation 
about B1 towards the transverse plane. This field rotates in the plane perpendicular 
to the main B0 field. The combined effect is that the magnetisation vector, initially 
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aligned along the main field, will spiral down towards the x-y plane due to 
precession about both B0 and B1 (figure 2.2) generating a coherent component of 
magnetisation in the transverse plane. The angle by which the bulk magnetisation 
is rotated is dictated by the strength and duration, tdur, of the RF pulse: θ = γB1tdur. 
When the B1 field is turned off, the absorbed energy is retransmitted via precession 
of the transverse component of the magnetisation vector about B0 as the 
magnetisation vector returns to its equilibrium position of alignment along B0. 
 
2.2.6 The Bloch Equation 
Bloch described the motion of the macroscopic net magnetisation in the presence 
of an applied magnetic field by phenomenological differential equations, (Bloch, 
1946). Viewing the magnetisation from the laboratory frame of reference, the 
magnetisation vector precesses about both B0 and B1 causing it to spiral down 
towards the x-y plane. The rotating frame of reference was introduced because the 
magnetisation vector can have a much simpler path in this frame of reference.  
 
The equation of motion of a magnetic moment in a magnetic field B shows that the 
rate of change of angular momentum, p of the spinning nucleus depends on the 
torque µ x B exerted on the nucleus by the external field: 
d
dt
=p µ x B                 Equation 2.8 
 
The angular momentum is related to the magnetic moment through the relation: µ = 
γp. Using this and taking the vector sum of all the individual magnetic moments 
gives: 
BxMM γ=
dt
d
               Equation 2.9 
 
Here B consists of both the static main field, B0 and the applied RF field, B1. The 
torque exerted on the magnetisation by the combined fields causes the 
magnetisation to map out a complex path, comprised of a fast precession about the 
2.2 The MR Signal                           32                       
 
stronger B0 field and a slower precession about the weaker B1 field, causing it to 
spiral down towards the X-Y plane. 
 
Relaxation effects can be incorporated into the Bloch equations as first order 
processes. The longitudinal relaxation time, T1 characterises the rate at which Mz 
returns to its initial value of M0. The transverse relaxation time, T2 characterises 
the full decay perpendicular to B0 by which Mx and My (together denoted as M⊥ 
below) decay back to their equilibrium value of zero. Equation 2.9 can be modified 
to give: 
0
1 2
1 1    ( )     eff z
d M M
dt T T
γ ⊥= + − −M M x B z M         Equation 2.10 
 
2.2.7 Relaxation after Excitation  
Following any process which disturbs the equilibrium distribution of the moments 
of a population, such as the supply of energy via the application of an RF pulse, the 
system will return to thermal equilibrium. This relaxation occurs via the emission 
of radiation as described above but there is also non-radiative energy transfer with 
the surroundings (the lattice) in a relaxation process characterised by the T1 time 
constant: spin-lattice relaxation. There is also decay of the transverse magnetisation.  
This loss of phase is characterised by the T2* time constant and is due to 
interactions between spins and field inhomogeneities. 
 
T1 Recovery 
T1 relaxation as displayed in figure 2.3, governs the rate of recovery of the 
longitudinal magnetisation, Mz to its equilibrium value, M0. 
)e(MM T/tz 10 1
−−=              Equation 0.11 
 
Energy is transferred when the protons experience a rotating magnetic field 
associated with molecules tumbling at the Larmor frequency. T1 increases when the 
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number of molecules moving at this frequency is low because energy transfer will 
be less efficient. T1 is typically on the order of hundreds of milliseconds in tissues.  
 
 
 
Figure 2.3: T1 Recovery of Longitudinal Magnetisation, Mz 
Following any process which disturbs that distribution the nuclear spin system returns to 
equilibrium with its surroundings by a relaxation process characterised by the time constant 
T1: the spin-lattice relaxation time.  Approximately 63% of the longitudinal magnetisation is 
recovered in one T1 interval. Figure reproduced with permission from (Callaghan, 2005) 
 
 
T2 Decay 
 
The equilibrium value of the transverse magnetisation is zero because the moments 
in this plane are randomly orientated. The application of the B1 field produces 
coherent transverse magnetisation, Mxy in which all of the moments are in phase.  
However, the coherence of this magnetisation is lost over time due to the exchange 
of energy between spins. This occurs when the magnetic moments of the protons 
interact altering the precessional frequencies of the moments. This interaction is 
transient and so the spins return to their original precessional frequencies but with 
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different phase. The rate at which the moments lose phase coherence due to these 
random interactions with each other is characterised by the T2 time constant, figure 
2.4, which is typically on the order of tens of milliseconds in tissues. 
  
 
 
Figure 2.4: T2 Decay of Transverse Magnetisation, Mxy 
Once transverse magnetisation has been created, the nuclear spins come to equilibrium with 
each other via spin-spin relaxation.  The resulting decay of the transverse magnetisation is 
characterised by the time constant T2.  Approximately 63% of the transverse magnetisation 
decays in one T2 interval. Figure reproduced with permission from (Callaghan, 2005) 
  
 
A second component that causes the moments to dephase at a faster rate is caused 
by inhomogeneities in the applied field, due to imperfections in the main field or 
varying susceptibility effects across the spin populations. Since the precessional 
frequency is dependant on the field experienced, some spins will precess faster and 
some will precess slower, leading to dephasing. The sum total of the random (spin-
spin) and fixed (field variation) effects is characterised by T2* such that 
)random()fixed(
* TTT 222
111 += . The fixed component of the T2* decay occurs in a 
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prescribed manner dependant on a given imaging situation, and can be rephased 
using a spin echo sequence. 
 
2.2.8 Echo Formation 
The MR signal that results after excitation is termed as free induction decay (FID) 
signal. The rate at which the signal decays can be reduced by compensating for the 
fixed component of T2*. This fixed component is caused by inhomogeneities in the 
field experienced by the spins, giving it a fan like appearance as the spins precess 
at slightly different rates. If the spins are inverted by the application of an 1800 
pulse at a time TE/2 after application of the B1 field, then the leading edge of the fan 
of spins becomes the trailing edge and vice versa, (figure 2.5). The dephasing that 
occurred in the time TE/2 will be rephased at the time TE, termed as the echo time. 
This type of echo formation is called a spin echo. The signal reaches its maximum 
during the echo formation but the overall amplitude is decreased because the signal 
continues to decay with time, but now the decay is due solely to the spin-spin 
interaction, i.e., the T2 decay, which cannot be corrected. 
 
A fast spin echo extends the basic spin echo sequence by using multiple 1800 
pulses to repeatedly refocus the transverse magnetisation. This type of rephasing by 
the application of an inverting 1800 pulse can be repeated as long as there is 
sufficient signal remaining in the transverse plane. 
 
An echo can also be formed through the use of magnetic field gradients. However, 
in this situation the signal will continue to decay governed by T2*. Once the spins 
have been excited and the resulted FID begins to decay, a gradient can be applied 
to dephase the spins. By reversing the polarity of the gradient, this dephasing will 
be reversed and an echo will then be formed. 
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Figure 2.5: Spin echo formation 
 
After excitation, the spins in the transverse plane are in phase but immediately being to 
dephase according to T2*, leading to the fan like appearance depicted in the figure. Those 
spins at the leading edge of the fan (light) precess faster while those at the trailing edge (dark) 
of the fan precess slower. The fixed component of this dephasing can be rephased by the 
application of an 180o pulse at time TE/2 after excitation. This inverts the spins about one of 
the axes in the transverse plane. The leading edge becomes the trailing edge and vice versa.  
The spins rephase and an echo is formed centred on TE, the echo time. Figure obtained from 
(Callaghan, 2005) 
 
 
2.3 Spatial Encoding  
The frequency at which the moments precess is proportional to the strength of the 
external magnetic field, (equation 2.7). In order to spatially localize the MR signal, 
a monotonic magnetic field is applied, most often with linear spatial variance. This 
magnetic field is generated by current flowing through coils of wire within the 
main body of the scanner, termed gradient coils, and can be applied in three 
orthogonal directions. The current flow induces a magnetic field gradient which 
either adds to or subtracts from the main magnetic field depending on the spatial 
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position within the scanner. Taking a constant gradient to have been applied along 
the x direction, the spatially dependent frequency of the spins is: 
xoxo xG)xGB()x( γωγω +=+=            Equation 2.12 
 
Here the frequency ω is now a function of position from the centre of the imaging 
region, x; Gx is the strength of the magnetic field gradient in Tm-1, i.e. Gx = dBz/dx. 
This gradient does not change the direction of the main field because it is small in 
size (typically 10s of mT/m) but gives its amplitude spatial variation. By making 
the resonant frequency, a function of position specific planes of spins can be 
excited and spatially encoded. 
 
2.3.1 Slice Selection 
To selectively excite the magnetic moments at a particular cross-section of an 
object, a constant magnetic field gradient is applied orthogonal to the plane of 
interest. The magnetic field experienced by the moments will now vary linearly 
with position along the direction of the gradient. When an RF pulse (B1 field) of 
some bandwidth is applied, only those moments for which the resonant condition 
has been satisfied will be excited, or tipped into the transverse plane. For a sinc 
type pulse, the width of the excited region is set by the slice selective gradient and 
the bandwidth of the RF pulse according to: 
G
BW
 StrengthGradient
Bandwidth RF  Thickness Slice RF==          Equation 2.13 
 
The gradient strength dictates the spectrum of resonant frequencies across the spins. 
The RF pulse is emitted in time and its spectral bandwidth dictates which spins will 
be excited: where there is correspondence between the frequency components of 
the RF pulse and the Larmor frequencies of the spins, the resonant condition will 
be satisfied and the spins will be excited. The Larmor frequencies of spins outside 
the selected region will not coincide with any of the frequency components of the 
RF pulse and these spins will not be excited (figure 2.6).  
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Figure 2.6: Slice selection 
 
The RF pulse, B1 field, is applied in time and has a finite spectral bandwidth. When the 
gradient, Gz is applied the Larmor frequency of the spins along z becomes spatially dependent.  
Only those spins for which the resonant condition is satisfied by a frequency component of the 
RF pulse will be excited allowing a slice of some thickness, dependant on the bandwidth of the 
RF pulse and the strength of the applied gradient, to be excited in the object. Figure 
reproduced with permission from (Callaghan, 2005) 
 
 
To excite a slice in the transverse (x-y) plane, the magnetic field gradient is applied 
along the z-direction. Any oblique plane can be selectively excited by appropriate 
combination of the three orthogonal gradients where the net gradient is given 
by 222 zyx GGGG ++= . When the gradient is applied altering the precessional 
frequency of the moments, a phase relationship is introduced across the spins. 
When the gradient is switched off the spins will all precess at the Larmor frequency 
of the main field in the absence of any other gradients, but the cumulated phase 
relationship will persist. The duration for which the gradient is applied is 
determined by the period of the RF pulse and dictates the level of dephasing that 
occurs. The excitation is taken to occur at the centre of the RF pulse and therefore 
dephasing begins at this point. Since this is deterministic, the dephasing can be 
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reversed by applying a gradient of opposite polarity to reverse the phase 
relationship, i.e. rephase the spins. 
 
2.3.2 Frequency Encoding 
Creating a signal that is spatially localized by its resonant frequency is termed as 
frequency-encoding. This is achieved by applying a constant magnetic field 
gradient along the direction in which to encode. As above, the resonant frequency 
will become spatially dependant. However, this gradient is applied after excitation 
and while the magnetisation is returning to equilibrium. The excited moments will 
now precess at a range of frequencies, some faster than ω0 and some slower than 
ω0 on their return to equilibrium. The MR signal being emitted during this 
relaxation is sampled in time while this gradient is applied. This gradient will also 
cause the spins to dephase, as caused by the slice selection gradient. To combat this, 
the spins are first dephased by a gradient of opposite polarity such that when the 
readout gradient is applied the spins are rephased in the centre of the sampling 
window. By examining the resulting time signal for its constituent frequencies and 
their amplitudes, the signal can be localized in one spatial dimension and the 
relative distributions at these locations can be determined. The frequency 
component analysis of the signal can be achieved by applying an inverse Fourier 
transform to the acquired data since the applied gradients impose a linear mapping 
of frequency to spatial position. 
 
2.3.3 Phase Encoding 
For two-dimensional in plane localization, one more direction of spatial encoding 
must be achieved in a direction perpendicular to both the frequency-encoded and 
slice-selective dimension. Another magnetic field gradient is used to achieve this. 
When any field gradient is applied after excitation, it alters the frequency of 
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precession of the spins which also produces a spatially dependant phase 
relationship. When the gradient is switched off, the moments return to their original 
precessional frequencies, but the phase relationship persists, as for the slice 
selection gradient. The integrated strength of the applied gradient dictates the size 
of the relative phase shift introduced. For a constant gradient applied along the y-
direction for time, τy, the phase shift is: 
y.G yy τγφ =∆              Equation 2.14 
 
Unlike the frequency-encoding gradient, this gradient is turned off before the 
receiver coil samples the signal. The acquired phase persists after time τy and 
through the sampling of the signal while the frequency-encoding gradient is 
applied. The strength of the applied gradient can be incremented to introduce a 
different phase relationship to each acquisition of data in order to have a signal that 
varies with ‘time’ (Edelstein et al., 1980). The variation of the phase shift that 
occurs under the influence of a number of discrete gradient steps dictates spatial 
location. This technique is termed as phase encoding. In practice, the phase-
encoding steps are applied as both positive and negative gradient lobes to produce 
a signal that is symmetric about the zeroth gradient step where no dephasing is 
introduced.  This forms an ‘echo’ along the phase-encoded direction. Since phase-
encoded data must be acquired serially, increasing the information content or 
resolution in this direction increases the acquisition time. By combining frequency 
and phase encoding the origin and distribution of signals can be localized in two 
dimensions by applying a two dimensional inverse Fourier transform to the 
acquired data. 
 
2.4 K-space and Image Reconstruction 
k-space is the name given to the time domain that is populated by the acquired data.  
The coordinates in an arbitrary direction, s, are given by:  
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∫=
t
ss dt)t(G)t(k γ              Equation 2.15 
 
The position in k-space at a time t along direction s is dictated by the strength of 
the gradient and by the duration for which it is applied. For gradients applied 
sequentially with strength Gx and Gy, duration tx and τy, as the case for the 
frequency (x) and phase-encoding (y) gradients, the position in k-space is given by: 
yyyxxx Gk   and   tGk τγγ ==             Equation 2.16 
 
The acquisition of MRI data is an example of an inverse problem in which the 
acquired data relates to an effect (the MR signal) rather than a cause (the proton 
density distribution of the imaged object). Therefore, the image reconstruction is 
typically done by applying a two dimensional inverse Fourier transform to the 
acquired K-space data. 
 
When acquiring data as described above, the data populates k-space in a Cartesian 
form since the data points lie on a grid with separation dictated by the sampling 
interval in the frequency encoded direction and by the change in gradient strength 
in the phase-encoded direction. Taking a distribution of spins with spin density, 
ρ(x,y), a plane with some thickness in z can be excited. Having applied one phase-
encoding gradient along the y-direction, the digital frequency encoded signal 
sampled M times at intervals ∆t during the application of the frequency-encoding 
gradient along x is given by: 
∑ −∆−∝
m
yyyGix.t.m.xGi ee)y,x()m(S τγγρ           Equation 2.17 
 
after demodulation of the signal tBie 0γ . Equation 2.17 denotes that the acquired 
signal is proportional to the sum over time steps of the spin density, which is now 
precessing as a function of position and has a phase component dictated by the 
strength of the phase-encoding gradient. As the phase-encoding is repeated, 
equation 2.16 extends to: 
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∑∑ −∆−∝
n m
yy.nyGix.t.m.xGi ee)y,x()n,m(S τγγρ          Equation 2.18 
 
This illustrates that the acquired data is in fact a 2D discrete Fourier transform of 
the magnetisation distribution being imaged. The sampling intervals in the 
frequency-encoded and phase-encoded directions are given by tGk xx ∆=∆ γ  and 
yyy Gk τγ∆=∆  respectively. Thus, equation 2.18 can be simplified with the 
sampled data points that populate k-space at locations m.∆kx and n.∆ky: 
∑∑ ∆−∆−∝
n m
y.ykinx.xkim ee)y,x()n,m(S ρ           Equation 2.19 
 
This acquired digital signal is the superposition of a number of different frequency 
sinusoids. Fourier analysis states that any function )x(f  defined within an interval 
0 ≤ x ≤ r can be represented by a series of sine and cosine functions. This is a 
Fourier series, which in one dimension can be written as: 
∑∑ ∞
=
−∞
=
=−=
00 p
x.pik
p
p
pppp eC))x.ksin(B)x.kcos(A()x(f         Equation 2.20 
 
where p is the index of the series, kp is termed as the spatial frequency, r
pπ2  and 
the coefficients ppp C,B,A  are the Fourier coefficients or amplitudes (Kreyszig, 
1999). When applied to MRI, the inverse Fourier transform can be used to 
construct an image from the acquired data. The interval r is termed as the field of 
view (FoV). The acquired k-space data points are the Fourier coefficients. The 
Fourier transform relates k-space and image space and therefore, the inverse 
discrete fast Fourier transform (FFT) can be applied to uniformly sampled data to 
construct an image of the distribution and amplitude of the spin density: 
..( , ) ( , ) in k yim k x yx
n m
I x y S m n e e ∆∆= ∑ ∑            Equation 2.21 
 
The position of each acquired data point in k-space defines the frequency and 
orientation of the oscillation and the value of the signal at that point defines the 
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amplitude. Lower spatial frequencies contain information about gross structures 
while higher spatial frequencies represent finer structures such as edge information.  
 
In MRI the sampling of data takes place over a discrete grid of points in k-space. 
This has implications in terms of the FoV and resolution. For instance, the 
sampling intervals ∆kx and ∆ky between adjacent points in k-space determines the 
FoV of the image along either of these directions as described by equation 2.22: 
1
1
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              Equation 2.22 
 
Reciprocally, the spatial resolution of each element of the image, ∆x and ∆y depend 
on the extent of the k-space sampled: 
1
1
x x
y y
x
N k
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N k
∆ = ∆
∆ = ∆
                 Equation 2.23 
 
Where Nx and Ny correspond to the number of samples along each of the two 
dimensions x and y. 
 
2.5 Sequences 
This section describes the widely used types of image contrast weighting, proton 
density, T1 and T2 that can be achieved by varying different parameters of a 
sequence. Sequences used for fast anatomic imaging and diffusion tensor imaging 
in later chapters are also detailed here. 
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2.5.1 Weighting and Contrast 
The dominant parameters governing the contrast of an image are the flip angle, the 
rotation of the longitudinal magnetisation to the transverse plane; the echo time, TE, 
at which the spins are maximally rephased by the application of a gradient or an 
1800 RF pulse; and the repeat time, TR, which is the time between excitations. The 
TE will dictate the level of coherence loss or dephasing of the transverse 
magnetisation that has occurred. The TR will dictate the extent to which the 
longitudinal magnetisation has recovered and therefore how much magnetisation is 
available for the next excitation. By manipulating these parameters, the acquired 
image can be weighted to highlight particular differences between constituent 
tissues. The acquired signal for a spin echo as a function of the TE and TR is as 
follows: 
211 T
TE
T
TR
e).e)(y,x()TR,TE(S
−−−∝ ρ           Equation 2.24 
 
For a gradient echo, the same proportionality holds but with T2 now replaced by 
T2* since the fixed component of the transverse magnetisation decay is no longer 
compensated for. 
 
Proton Density Weighting 
Proton density (PD) weighting is achieved by having a long TR and short TE. This 
reduces any differentiation between components of the spins being imaged with 
different longitudinal magnetisation recovery rates or transverse magnetization 
decay rates. In this situation, the MR signal will be proportional to the proton 
density distribution, ρ(x,y), present immediately after excitation into the transverse 
plane with all other terms in equation 2.24 approaching unity. In practice, some 
time must be taken to perform spatial encoding leading to some level of signal loss 
due to T2* effects.  
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One example of proton density image from a neonatal scan is illustrated in figure 
2.7 (a). The CSF that has the largest proton density (can be considered as 100%) 
displays brightest; while white matter (proton density 0.93) displays brighter than 
grey matter (proton density 0.88) because of its bigger proton density. (Williams et 
al., 2005) 
 
 
(a) proton density weighted image (b) T1 weighted image (c) T2 weighted image
 
Figure 2.7: Proton density, T1 and T2 weighted contrast image scanned from a neonate at 3 
Tesla. 
 
(a) a proton density weighted image: The CSF that has the largest proton density displays 
brightest; while white matter displays brighter than grey matter because of its bigger proton 
density. 
(b) a T1 weighted image: The CSF that has the longest T1 value displays darkest; while white 
matter displays darker than grey matter because of its longer T1 value. 
(c) a T2 weighted image: The CSF that has the longest T2 value displays brightest; while 
white matter displays brighter than grey matter because of its longer T1 value. 
 
 
T1 Weighting 
T1 weighting can be achieved by keeping the TE as short as possible so as to 
eliminate T2* effects by which different components of the imaged object dephase 
and lose coherence at different rates. A short TR on the order of the T1 of the 
tissues can be used to maximize differentiation between different tissue 
compartments (figure 2.8). Those compartments of the imaged object with a 
shorter T1 will recover their longitudinal magnetisation more rapidly and will 
therefore have greater magnetisation available for the next excitation after each TR 
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interval. Consequently, these compartments appear with higher signal intensity in 
T1-weighted images.  
 
 
 
Figure 2.8: Multiple T1 curves 
 
Differences in the longitudinal relaxation time of different species present in the object being 
imaged can be exploited to weight the image to highlight these differences.  For T1 weighting 
this is achieved by choosing a relatively short TR which is on the order of the T1 of the species 
of interest.  The TE is kept as short as possible to minimize any differences in the decay of the 
transverse magnetisation. 
 
 
One example of T1 weighted image from the same neonatal scan is illustrated in 
figure 2.7 (b). The CSF that has the longest T1 value (4000ms at 3 Tesla) displays 
darkest; while white matter (2750ms at 3 Tesla) displays darker than grey matter 
(2200ms at 3 Tesla) because of its longer T1 value. (Williams et al., 2005) 
 
T2 Weighting 
T2 weighting is achieved by using a longer TE to maximize the differentiation 
between different T2 components (figure 2.9). Species which have a longer T2 will 
appear brighter since the transverse magnetisation of this component will decay 
less. A long TR allows the full longitudinal magnetisation of each species to 
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recover and eliminates T1 effects. The trade-off is that a longer TE will result in 
reduced SNR because a greater loss of signal coherence will have occurred.  
 
 
 
Figure 2.9: Multiple T2 curves 
 
Differences in the decay time of the transverse magnetisation of different species present in 
the object being imaged can be exploited to weight the image to highlight these differences.  
For T2-weighted images this is achieved by choosing a relatively long TE to maximize the 
difference between the rate of decay of the transverse magnetisation, Mxy. The largest 
difference between two species occurs at a time roughly equal to the average of their T2 
values.  A long TR is also used to minimize any differences in the recovery of the longitudinal 
magnetisation and prevent the image being T1-weighted. 
 
 
One example of T2 weighted image from the same neonatal scan is illustrated in 
figure 2.7 (c). The CSF that has the longest T2 value (2200ms at 3 Tesla) displays 
brightest; while white matter (250ms at 3 Tesla) displays brighter than grey matter 
(130ms at 3 Tesla) because of its longer T2 value. (Williams et al., 2005) 
 
2.5.2 Fast Imaging Methods 
The basic spin-warp imaging sequences described in the previous section require a 
relatively long scan time. This is because only a single line of k-space is read out 
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per excitation and the repetition time TR between each excitation must be kept 
long enough to allow for substantial longitudinal relaxation.  
 
More lines in the k-space can be filled following single excitation within each TR 
by either allowing a series of refocusing pulses after one excitation or performing 
the appropriate modulation of gradient waveforms to control the k-space trajectory. 
Typical examples from the former strategy include the single-shot Turbo Spin 
Echo (ssTSE) sequence (Listerud et al., 1992) and examples from the later strategy 
include the Echo-Planar Imaging sequence (Mansfield, 1977). Both are detailed in 
the following section. 
 
Single-shot Turbo Spin Echo Imaging 
In single shot techniques (used for EPI, TSE, etc.), the entire raw data set is 
acquired with a single excitation pulse. The magnetization of a fully relaxed spin 
system is used. Each of the subsequent echoes is given a different phase encoding. 
For improved SNR, spatial resolution or FOV, the necessary raw data are acquired 
over a number of sequence repetitions. Each repetition then collects a fraction of 
the complete raw data set. Only slightly more than half of the raw data is acquired 
and then, the image is obtained through half Fourier reconstructing (Semelka et al., 
1996). Typically, for two dimensional (2D) imaging sequence, after excitation of 
one slice, all lines in the k-space for reconstruct this 2D slice are acquired. 
 
Turbo Spin Echo (TSE) sequence (Listerud et al., 1992) is characterized by rapidly 
applying a series of 180° rephasing pulses to generate multiple echoes with 
changing phase encoding gradient for each echo after one excitation as illustrated 
in figure 2.10. The echoes in the centre of the K-space mainly produce the type of 
image contrast, whereas the periphery of K-space determines the spatial resolution. 
The benefit of this technique is that the scan duration can be reduced by increasing 
the TSE factor or echo train length, i.e, when the TSE factor is 9, acquisition time 
can be reduced to one ninth of the time required for a normal spin echo sequence.  
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Figure 2.10: Pulse sequence timing diagram of Turbo Spin Echo (TSE) sequence 
 
In the pulse sequence timing diagram, a turbo spin echo sequence with an echo train length of 
3 is illustrated. This sequence is characterized by rapidly applying a series of 180° rephasing 
pulses to generate multiple echoes with changing the phase encoding gradient for each echo 
after one excitation.  
 
 
For T1 weighted and PD weighted sequences that require short TE, there is a limit 
to how long the echo train can be. The use of large echo train lengths with short TE 
results in blurring and loss of contrast. For this reason, T2 weighted imaging that 
requires long TE profits most from this technique.  
 
ssTSE sequences have replaced conventional T2 weighted spin echo sequences for 
most clinical applications, especially for breath hold imaging where movement is 
to be expected, e.g. for applications in abdominal iImaging and fetal MRI. 
 
Echo-Planar Imaging 
Echo-planar imaging (EPI) is a very fast imaging technique that involves the 
acquisition of multiple k-space lines per excitation as illustrated in figure 2.11 (b). 
The first gradients drive to the corner of the acquisition k-space (dashed line in (b)). 
The rapidly switching frequency encoding (x) gradients move the trajectory along 
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horizontal lines in k-space with alternating direction according to their polarity. 
These are interspersed with phase encoding (y) gradient blips to move between 
phase encoding lines. Data are acquired along the flat tops of the x-gradient 
waveform corresponding to the horizontal phase encode lines.  
 
Gradient echo EPI is a T2* weighted imaging technique, so signal decays away 
exponentially over time due to T2* dephasing effects. While spin echo EPI 
produces T2 weighted images. Due to the very fast acquisition times, an EPI image 
can be acquired within 50–100ms, a timescale small enough to effectively freeze 
motion and resolve dynamic physiological changes.  
 
However, the long readout times of EPI causes artefacts which degrade image 
quality. The long EPI echo train exacerbates magnetic susceptibility, which will 
cause a distribution of resonance frequencies differing from the Larmor frequency 
described as the off-resonance effects. This is most visible in the phase encoding 
(ky) direction, as it takes much longer to cross k-space along this direction 
compared to the frequency encoding (kx) direction. The linear phase accrual along 
the ky axis results in a shifted impulse response in the y direction of the image, 
leading to the artifact known as geometric distortion as displayed in figure 2.12 (a).  
Moreover, the off-resonance effect along the slice select (z) direction causes a local 
decrease in image intensity due to intra-voxel dephasing. This will result in signal 
loss artefacts (figure 2.12 (b)) that is particularly visible in gradient echo images 
near the air-tissue boundary where large filed gradient exist.   
 
The instability within the gradient subsystem also causes differences between the 
positive and negative traversal of k-space. If there is a misalignment of the positive 
and negative lobes or if their amplitudes do not match, a ghost of the main image 
shifted by half a field of view is formed along the phase encode direction, called a 
Nyquist ghost (figure 2.12 (c)). The intensity of the ghost indicates the severity of 
the periodic inconsistency.  
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(a) EPI readout gradients (b) EPI readout k-space trajectory
Figure 2.11: EPI data acquisition and its k-space trajectory 
 
The EPI readout trajectory (b) is traced-out by the in-plane gradients shown in sequence plot 
(a). The first gradients drive to the corner of the acquisition k-space (dashed line in (b)), then 
the rapid switching of the frequency encoding (x) gradient (horizontal lines, (b)) interspersed 
with phase encoding (y) gradient blips (vertical lines, (b)) trace the EPI trajectory through k-
space with data acquired along the horizontal parallel lines. 
 
 
 
The protons in different chemical species have different resonant frequencies 
according to their molecular composition. Protons bound in fat molecules precess 
at a different frequency to protons in water, causing the signal from fat to 
accumulate a different phase over the readout. This difference in phase across k-
space causes a relative shift of the fat signal with respect to the water signal in the 
image domain, termed chemical shift as displayed in figure 2.12(d). This can be 
minimized by saturating the fat signal before excitation.  
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Figure 2.12: Examples of EPI artefacts  
 
a) geometric distortion artefact, b) signal loss artefact, c) Nyquist ghost and d) fat artefact. 
 
 
2.6 Diffusion Tensor Imaging 
Diffusion refers to the random translational motion of molecules, resulting from the 
thermal energy they carry. Brownian motion is a diffusion process that first 
observed by Robert Brown in the 19th century. (Brown, 1828)  
 
In the absence of barriers, there is no preferred orientation for motion and the 
diffusion is said to be isotropic, i.e., the probability of diffusion along any 
orientation is equal. However, molecules diffusing within an anisotropic medium 
will tend to move easily along certain directions than others. This happens with 
water molecules moving in the vicinity of white matter fibres in the brain. The 
presence of both the cellular membrane and of the surrounding myelin sheaths 
hinder motion occurring perpendicular to the fibres while prefers the diffusion 
parallel to the fibres as displayed in figure 2.13. By performing measurements of 
diffusion along different directions, it is possible to obtain information regarding 
the orientation of white matter fibres in the brain. Furthermore, detecting diffusion 
and its anisotropy in white matter can allow the recognition of brain myelination 
processes and micro-structural changes. 
 
(a) (b) (c) (d) 
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Figure 2.13: Simplistic scheme of a myelinated axon  
 
The presence of the axonal membrane, myelin sheath, microtubules and microfilaments are 
all factors that may hinder diffusion, hence a lower coefficient is observed perpendicularly to 
the length of the axon ( D⊥ ) than parallel to it ( D? ), Reproduced with permission from 
(Beaulieu, 2002) 
 
 
2.6.1 Diffusion and the Diffusion Tensor 
Diffusion 
As illustrated in numerous publications, the probability distribution 0( , , )P r r τ of 
finding a molecule originally at a position 0r  at a position r after a time τ  follows 
Gaussian distribution. Based on this, it is possible to derive the Einstein relation for 
free three dimensional (3D) isotropic motion. (Einstein, 1956) 
2 1/ 2( ) 6Dτ< > =0r - r              Equation 2.25 
 
Equation 2.25 relates the root mean square (RMS) displacement with the diffusion 
coefficient D and the diffusion time τ . Considering the example of water, the 
diffusion coefficient at room temperature is 2.3× 10-3 mm2/s (Thomas et al., 2000). 
The Stroke-Einstein Equation 2.26 demonstrates the self diffusion coefficient D 
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depending on factors like the size of the molecules (radius σ for a spherical 
particle), intermolecular interactions (viscosity η ) and temperature T: 
6
k TD ηπσ=
B              Equation 2.26 
 
Where kB  is the Boltzmann constant. 
 
The equation shown above relies on the assumption of free diffusion. This is, 
however, no longer valid for diffusion within brain tissue as the presence of 
barriers reduces the overall mobility of water. For this reason, the diffusion 
coefficient measured by MRI is not simply a measurement of intrinsic diffusion 
and is therefore commonly known as the apparent diffusion coefficient (ADC). The 
value measured for the ADC will be a function of the diffusion time. For a very 
short diffusion time, the ADC will be close to the self-diffusion coefficient, as the 
molecules are not given enough time to interact with the barrier.  
 
The Diffusion Tensor 
When diffusion is anisotropic, the shape of the diffusion propagator may no longer 
be Gaussian, and researchers use a 3× 3 symmetric and positive definite effective 
diffusion tensor effD matrix to describe the diffusion preference over different 
orientations as illustrated in figure 2.14. The relationship between the tensor, its 
eigenvectors iε  and eigenvalues iλ  can be written in the following way: 
1
2
3
0 0
( ) 0 0 ( )
0 0
T
λ
λ
λ
⎛ ⎞⎜ ⎟= ⎜ ⎟⎜ ⎟⎝ ⎠
1 2 3 1 2 3D ε ε ε ε ε ε             Equation 2.27 
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Figure 2.14: Diffusion ellipsoids 
 
a) If the medium is isotropic, diffusion is the same in all directions and the ellipsoid will 
be spherical. The tensor is diagonal with all diffusive equal to the scalar diffusion 
coefficient D; 
b) In an anisotropic medium, diffusion along one direction may be preferred over the 
others. If the laboratory coordinates coincides with the principal directions of the 
ellipsoid, the tensor will be diagonal with diffusivities 1λ , 2λ and 3λ along each of the 
three axes; 
c) In general, the principal directions of the ellipsoid have certain angulations around 
the laboratory coordinates; therefore, a 3× 3 symmetric and positive definite effective 
diffusion tensor matrix will be necessary to describe characteristics of the tensor.    
 
 
A measurement of the average diffusivity in space may be obtained by using the 
trace of equation 2.27, and this is termed as the effective ADC value (ADC value) 
from now on: 
1 2 3( ) / 3 ( ) / 3ADC Trace D λ λ λ λ= = + + =< >           Equation 2.28 
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Furthermore, the fractional anisotropy (FA) given by equation 2.29 is used to 
describe the tensor’s level of anisotropy, i.e., the degree to which diffusion along 
one direction is preferred over others.  
2 2 2
1 2 2
2 2 2
1 2 3
( ) ( ) ( )3
2
FA λ λ λ λ λ λλ λ λ
− < > + − < > + − < >= + +          Equation 2.29 
 
The FA measures the fraction of the tensor that can be ascribed to anisotropic 
diffusion. A value of 0 describes a perfectly isotropic tensor while FA of 1 
describes the limit of infinite anisotropy.  
 
2.6.2 Measuring Diffusion with MRI 
To acquire diffusion-weighted images (DWI) it is necessary to sensitize the MR 
signal to diffusion by incorporating diffusion sensitization gradients within an 
imaging sequence. The intensity in each voxel will thus depend not only on the 
relaxation properties of the tissues, but also on the diffusion characteristics of the 
medium. Stejskal and Tanner (Stejskal and Tanner, 1965) were the first to propose 
the use of a pulsed-gradient spin echo sequence (PGSE) for diffusion 
measurements in 1965. This pulse sequence is schematically shown in figure 2.15. 
In this sequence, a pair of gradient pulses with the same amplitude G and duration 
δ  are applied with a 180o RF pulse in between. The time interval between the 
applications of the two diffusion gradients is labeled as ∆ . 
 
The presence of a pair of diffusion gradient pulses will cause further signal loss due 
to water molecule diffusion because the phase shift caused by the first diffusion 
gradient pulse under random motion (diffusion) and refocused by the 180o RF pulse 
will not precisely match the phase shift caused by the second diffusion gradient 
pulse. As the signal is proportional to the magnetization, it is possible to show that 
the signal at the echo time TE will be given by (Le Bihan, 1995) (Stejskal and 
Tanner, 1965) 
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0 0( ) exp[ ( ') ( ') ']
TE TS TE S k t k t dt= −∫ D
? ?
           Equation 2.30 
 
where ( )k t
?
is a vector defined by: 
0( ) ( )
tk t G u duγ= ∫ ??                  Equation 2.31 
 
and G
?
is the vector describes the diffusion gradient and 0S is the signal obtained with 
no diffusion gradient. 
 
 
 
 
Figure 2.15:  Pulse Diagram for the PGSE sequences suggested by Stejskal and Tanner 
  
The diffusion gradients are shown in the axis GDiff and their relative timings labelled. 
 
 
 
By defining a b-matrix: 
0 ( ') ( ') '
TE Tk t k t dt= ∫b
? ?
             Equation 2.32 
 
The expression for the echo attenuation due to diffusion can now be rewritten as: 
δ
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0
( )ln[ ] effij ij
i j
S TE b D
S
= −∑ ∑               Equation 2.33 
 
The b-matrix obtained for the single spin-echo sequence shown in figure 2.15 can 
be demonstrated as: 
2 2 ( )
3ij i j
b G G δγ δ= −?                Equation 2.34 
 
where iG and jG  are respectively the diffusion gradients applied along the i and j 
direction. Thus, the b-matrix can be written as follows: 
Tb=b u u? ?               Equation 2.35 
 
where u? is the unitary vector describing the direction of the diffusion sensitization 
gradient and the scalar b-value is given by: 
2 2 ( )
3
b G δδ= −?                 Equation 2.36 
 
In the ideal case where no noise would be present in the data, the choice of the b-
value should not influence the estimate obtained for the ADCs and FAs. However 
in practice, a very low b-value would result in poor contrast with the signal 
decrease due to diffusion being comparable to the variance of the data. In the 
meanwhile, a very high b-value could result in excessive signal attenuation with 
the signal dropping below the noise level. To balance these considerations, an 
optimal value of 1.11 for the multiplication of b-value and ADC value was initially 
suggested. (Xing et al., 1997) It has been suggested to use b-value = 1000s/mm2 for 
adult brain diffusion imaging at 3 Tesla, and b-value = 750s/mm2 for neonatal brain 
diffusion at the same field strength. (Anjari et al., 2007)  
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2.6.3 Estimating the Diffusion Tensor 
As described in section 2.6.1, the diffusion tensor matrix is symmetric and has 
therefore 6 independent components. This means, theoretically, it is possible to 
determine the tensor matrix by acquiring diffusion weighted images with 6 non-
collinear diffusion sensitization directions plus one non-diffusion weighted image. 
In practice, it is well known that using more non-collinear diffusion directions 
increases the accuracy of diffusion tensor fitting (Basser et al., 1994). Moreover, as 
suggested by (Chang et al., 2005), increasing diffusion gradient directions will lead 
to more robust tensor fitting than sticking to the minimum 6 diffusion gradient 
directions only while repeating the whole set of acquisition several times. 
Therefore, DTI with 15 diffusion directions is adopted in this study.      
 
Once the b-matrix, determined by the timings and orientations of the set of 
gradients applied has been calculated, the effective diffusion tensor can be 
estimated using equation 2.33. If n measurements with diffusion gradients 
corresponding to different b-matrices are collected, the signal equation can be 
written in the following form: 
(1) (1) (1) (1) (1) (1)
1 0
(2) (2) (2) (2) (2) (2)
2 0
( ) ( ) ( ) ( ) ( ) ( )
0
ln( / ) 2 2 2
ln( / ) 2 2 2
ln( / ) 2 2 2
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⎛ ⎞⎜ ⎟⎜ ⎟⎜ ⎟⎜ ⎟⎜ ⎟⎜ ⎟⎜ ⎟⎜ ⎟⎝ ⎠
     Equation 2.37 
 
n must be no less than 6. When n is bigger than 6, equation 2.37 is over-
determined and can be solved in the least square sense. (Kreyszig, 1999)  
 
2.6.4 Diffusion Tensor Imaging of the Brain 
The first diffusion images of the brain were obtained in the mid 1980s by (Le 
Bihan et al., 1986). Then, until 1996, (Pierpaoli et al., 1996) reported the first DTI 
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study of living human brain. They reported no statistically significant differences 
for the trace of the tensor within normal brain parenchyma with typical values of 
2.1 2 /m msµ  (equivalent to ADC value 0.7 2 /m msµ ). The absence of barriers within 
the CSF explains the higher diffusivity observed (ADC value 3.3 2 /m msµ ). An 
example of an ADC map from a healthy adult volunteer scanned at 3 Tesla is 
presented in figure 2.16 (a). 
 
 
 
 
Figure 2.16:  Examples of an ADC and FA map from one healthy adult at 3 Tesla 
 
The diffusion weighted images were acquired with 15 non-collinear directions with b-value 
1000, spatial resolution 3mm× 3mm and 3.6mm slice thickness. 
a) ADC map viewed from 3 orthogonal orientations. The brain parenchyma presents a 
very homogeneous diffusivity, with no visible differences between white matter and 
grey matter. The brighter intensities within the CSF indicate its higher diffusivity. 
b) FA map viewed from 3 orthogonal orientations. High diffusion anisotropy can be 
observed in white matter, in contrast to the CSF and Grey matter.   
 
 
(a) 
(b) 
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In their study, (Pierpaoli et al., 1996) reported variable degrees of anisotropy 
within different white matter regions, suggesting differences in local fibre 
microstructure. For instance, in regions like the corpus callosum or the pyramidal 
tract where fibres are oriented more coherently, higher values of anisotropy can be 
observed compared to subcortical white matter regions. Moreover, as prediceted, 
low values of anisotropy were found in both the CSF and in grey matter. An 
example of a fractional anisotropy (FA) map is presented in figure 2.16 (b). 
 
Despite its limitations, DT-derived parameters have proven to be useful markers 
for white matter integrity when dealing with neurological disorders such as 
multiple sclerosis (Filippi et al., 2001), amyotrophic lateral sclerosis (Ellis et al., 
1999), dyslexia (Klingberg et al., 2000) and schizophrenia (Kubicki et al., 2002). A 
review of the clinical application of DTI can be found in (Dong et al., 2004).  
 
2.7 Safety Considerations 
Since MRI does not use any form of ionizing radiation, it is considerably safer than 
X-ray or radio-isotope scanning. The U.S.Food and Drug Administration (FDA) 
and the International Committee on Non-Ionizing Radiation Protection (ICNIRP) 
have suggests that exposure to magnetic fields are unlikely to cause any adverse 
effect on human tissues in 2003 and 2004. However, safety considerations related 
to MRI, particularly at high fields, arise due to the strong static B0 field, and to the 
time-varying fields produced by both the RF and gradient coils. 
 
2.7.1 Static Fields 
The most serious concern in MR is the effect of strong static fields on objects that 
contain ferromagnetic materials. These objects may turn into projectiles and cause 
potentially fatal accidents. Hence it is extremely important to ensure that any 
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person is screened each time before entering the vicinity of the magnet for both 
free and implanted devices. 
  
2.7.2 RF Fields 
RF exposure can cause deposition of energy thus lead to tissue heating. The RF 
energy deposition is measured in terms of the Specific Absorption Rate (SAR). 
SAR is defined as the average power in Watts deposited per Kg of exposed tissue 
over the time of the MRI examinations. The US FDA has imposed a maximum 
SAR limit of 3.2W/Kg for scanning of the head (U.S. Department of Health and 
Human Services, 2003). The UK National Radiological Protection Board states that 
the body temperature of any mass of tissue should not rise above 1o centigrade. The 
Health Protection Agency in the UK also gives guidelines for SAR limits for 
scanning different body parts and in general limits scanning above 4 W/kg (Health 
Protection Agency, 2007).  
 
2.7.3 Field Gradient 
The rapid switching of field strengths especially in EPI may cause stimulation of 
peripheral nerves and muscles by the induction of electrical currents within the 
subjects. At sufficient amplitudes, peripheral nerve stimulation is perceptible as a 
tingling or tapping sensation and subjects may become uncomfortable at 
amplitudes 50%-100% above perception threshold. (Schaefer et al., 2000) 
 
2.7.4 Other Concerns 
Care is also taken to ensure that arms and legs of subjects do not touch each other 
as the induced electrical currents can cause a risk of cardiac arrthymias or local 
burning of tissues. Another safety concern is the acoustic noise which is generated
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due to the interaction of coil currents and static magnetic field. Hence suitable ear 
protection is necessary when the acoustic noise is above 80 decibels in adults and 
always in neonates due to the unknown effects of acoustic noise on the developing 
auditory system.  
 
Furthermore, claustrophobia or other psychological problems can prevent a subject 
from being able to enter the scanner. Further details on the topics of health effects 
and safety in MRI can be found in the literature (Shellock and Kanal, 1991). 
 
2.7.5 Safety Concern for Fetal MR Scan 
Ex-utero MR scanning including both adult and paediatric patients is now widely 
accepted as safe at high field up to 3 Tesla. There are strict guidelines preventing 
the scanning of pregnant women before 18 weeks gestation, unless there is a 
serious maternal indication for scanning. This is due to the unknown effects of RF 
exposure on rapidly developing fetal tissue. Moreover, for in-utero MR scan, the 
maximum allowed static field is currently 1.5 Tesla.  
 
It has been suggested by (Hand et al., 2006) that that the highest local SAR is in the 
mother, with the fetus being exposed to a peak of about half this value. SAR values 
averaged over 1 g (SAR1g) or 10 g (SAR10g) of tissue are the limiting factors 
according to FDA and ICNIRP, respectively. For compliance with FDA, a further 
restriction is suggested to limit the maximum SAR10g in fetal tissue to 4 W/kg. 
The maternal tissues present around the fetus are shown to reduce the acoustic 
noise and is considered to provide adequate protection in static field strength of up 
to 1.5 T. 
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Chapter 3 
Introduction to In-utero Fetal 
Magnetic Resonance Imaging 
3.1 Introduction 
The third trimester of pregnancy is a period of rapid human brain development. 
Magnetic resonance imaging (MRI) allows the developing brain to be studied in 
superb detail either in the fetus or in the neonate. Fetal MRI has been performed 
since 1983, (Smith et al., 1983) primarily to study the central nervous system 
(CNS). However, as this early work employed acquisition times of several minutes, 
it required sedation of the pregnant woman or even immobilization of the fetus 
itself (Daffos et al., 1988), the method did not achieve common acceptance at that 
time. The development of ultrafast sequences (Hubbard et al., 1999) has led to a 
significant improvement in fetal MRI. Since then, MRI of the fetal CNS is 
increasingly performed to evaluate CNS malformations and acquired conditions of 
the brain (Prayer et al., 2004). Besides, MRI can offer excellent contrast and more 
anatomical detail compared to ultrasound, the other imaging modality routinely 
used for in-utero examinations. (figure 3.1) 
 
Because of safety concerns with MRI detailed in section 2.7, guidelines 
recommend avoiding scanning pregnant women before 18 weeks gestation, unless 
there is a serious maternal indication for scanning. In this study it was mandatory 
for all women to have a recent ultrasound scan; and informed written consent was 
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obtained from each patient. All examinations in our study were performed with 
approval from the Imperial College Healthcare NHS research ethics committee 
(Ethics number: 2002/6375). 
 
 
 
Figure 3.1: Fetal imaging with ultrasound and MRI 
 
(a) is a typical ultra-sound fetal brain image while  
(b) is a typical MR T2-Weighted Image. MRI can achieve much more anatomic detail.  
 
 
Image quality is improved by using phase-array coils with multiple elements 
positioned as close as possible to the region of interest. Scout images are acquired 
to localize the fetus at the beginning of MR scanning that allow recognition of 
whether the respective region is located in the centre of the coil and allow selection 
of the most amenable section plane for the first sequence. Repositioning of the coil 
may be necessary. 
 
In conventional fetal scanning, it is always best to constrain the FoV to be the 
smallest that just covers the region of interest to get better image quality. However, 
for in-utero fetal scanning, the FoV should normally be big enough to cover the 
maternal abdomen to avoid aliasing artefacts. Normally, the FoV will be over 
300mm for a patient in the third trimester pregnancy. Ideally, the matrix size and 
slice thickness should be chosen appropriately to allow anatomical details to be 
resolved. It is not difficult to achieve millimetric in-plane resolution thanks to fast 
(a) (b)
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imaging techniques e.g., ssTSE (Listerud et al., 1992) and parallel imaging 
techniques, e.g., SENSE (Pruessmann et al., 1999). However, although thin slices 
are desirable because of the small fetal brain, the SNR will decrease linearly with 
decreasing slice thickness. Moreover, because of fetal motion and maternal 
respiration, the scanning time of one stack of images need to be kept as short as 
possible to minimize the effect from motion. Therefore, a set of a few slices, e.g., 
20, with slice thickness of 3-4mm is commonly adopted in clinical practice. (Prayer 
et al., 2004). Introduction of an inter-slice gap (typically 0.4mm) is also popular to 
avoid cross-talk. This may result in missing some detailed fetal structures.  
 
Proper assessment of cerebral and spinal anatomy, maturational processes of the 
brain parenchyma, vessels, haemorrhages, calcifications, and bone structures 
requires T2 weighted, T1 weighted and diffusion-weighted information.(Girard et 
al., 2001; Girard et al., 2003) As micro-structural and macro-structural changes 
progress rapidly during fetal brain development (Koop et al., 1986), (Kinney et al., 
1994), sequence parameters have to be adjusted to account for the different 
chemical composition and size of the brain, the spine and the structures of interest 
with respective to gestational age (GA). (Prayer et al., 2004) Details regarding 
different image contrast and sequences especially those used in this study will be 
described further in section 3.2-3.4.  
 
3.2 T2 Weighted Imaging 
As detailed in section 2.5.2, ssTSE sequences can acquire entire information from a 
2D slice within a second; therefore, this style of acquisition can freeze the in-plane 
motion provided it is slow on this time scale. The ssTSE is widely used in fetal MR 
imaging to acquire anatomical imaging. T2 weighted ssTSE imaging is regarded as 
the ‘workhorse’ of fetal MRI because of its excellent delineation of cerebral 
anatomy (figure 3.2) 
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Figure 3.2: In-utero fetal MR images scanned with ssTSE T2 weighted sequence 
 
Both subjects were scanned using ssTSE clinical sequence as detailed in row one, table 3.1  
Left: Sagittal view of a fetus (singleton) scanned at Gestational Age (GA) 30 weeks.  
Right: MR image of a pair of twins scanned at GA 30 weeks with one headed up breech 
(coronal view) and the other cephalic headed down (sagittal-coronal view). 
 
 
The specific T2 weighted ssTSE sequences that are used both for clinical scanning 
and volumetric reconstruction (will be detailed in section 4.4.1) for the fetal brain 
in my study are listed in Table 3.1. As the fetal white matter contains more water 
than the postnatal brain, long TEs will allow better grey matter (GM) / white matter 
(WM) discrimination than short TEs, as the T2 contrast improves with increasing 
TE. (Prayer et al., 2004) However, the SNR will be sacrificed with prolonged TE. 
To balance between these two factors, TE = 100ms (Prayer et al., 2004) is used for 
fetal scanning in this study. Moreover, short TE will increase the scanning 
efficiency and also decreases the risk of motion during readout.  
 
Lung 
Kidney 
Teeth 
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Besides the brain, T2 weighted ssTSE sequences are effective for imaging fluid 
filled cavities (nasal and oral cavity, pharynx, trachea, stomach and small intestines, 
urinary system, gall bladder), lungs, placenta, and the fetal surface including the 
profile. (Brugger et al., 2006) Sequences with long TE (>250ms) provide more 
contrast, which is particularly helpful in assessing cystic lesions (Breysem et al., 
2003), as they allow characterization of the internal structure (e.g., congenital 
cystic adenomatoid malformation).     
 
Steady-state free precession technique (true FISP) (van der et al., 1988) is another 
fast sequence that could achieve a scanning time of 1 sec per slice with a high SNR. 
Originally designed for improved visualization of the cerebrospinal fluid (van der 
et al., 1988), true FISP was slow to be used in clinical practice because of its 
sensitivity to field heterogeneity, which leads to banding across the image field of 
view. With new advances in gradient coils and shimming technology, the banding 
artifacts caused by field heterogeneity have become less severe, particularly 
assisted by reductions in TR (Sekihara, 1987). Recent work suggests that true FISP 
can be applied in fetal imaging (Chung et al., 2000; Marden et al., 2003; 
Wagenvoort et al., 2000) to acquire high quality images. According to Chung et al., 
2000, the true FISP has unique advantages over ssTSE in fast fetal imaging 
because of its multishot nature that affords equal K-space weighting and hence 
absence of point spread function (PSF) blurring. They also found myelination 
beginning at the third trimester was better delineated with true FISP than with 
ssTSE. 
 
3.3 T1 Weighted Imaging 
Various kinds of T1 weighted sequences have been used in fetal MRI that can offer 
a different type of contrast to demonstrate fat, calcification and certain stages of 
hemorrhage (Chen and Levine, 2001). The most robust is a 3D sequence with the 
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Magnetization Prepared Rapid Gradient Echo (MP-RAGE) (Haacke et al., 1999) 
that employs several repeated fast low flip angle RF pulses after one inversion 
pulse. Normally, maternal breathhold or even sedation (Coakley et al., 2004) is 
required to achieve the best image quality. 
 
 
    
 
Figure 3.3: In-utero fetal MR image scanned with 3D MPRAGE T1 weighted sequence 
 
This is a fetus scanned at GA 27 weeks with in-plane resolution 2.2mm× 2.2mm, and slice 
thickness of 3.5mm; other parameter details are listed in the third row of table 3.1. 
 
 
However, it is very difficult to get T1 weighted fetal brain images with high 
GM/WM contrast (figure 3.3) because of the longer and more similar T1 values of 
GM and WM in fetal brain (Abd et al., 2004). Moreover, the T1 value is heavily 
dependent on gestational age (GA), the age of a fetus from the first day of the 
woman's last menstrual period (LMP). Therefore, ideally, the T1 weighted imaging 
parameters should be adapted for fetal imaging at different GAs. The detailed 
parameters in this study are listed in row 3, table 3.1. 400mm × 400mm FoV is 
chosen to cover the entire maternal abdomen even at late stage of pregnancy and 11 
slices with TH=3mm and no gap is adopted to cover the entire fetal brain. Maternal 
breathhold for 18 seconds but no sedation is required to achieve accurate k-space 
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encoding for the MPRAGE sequence, and we found this was achievable for the 
mothers. 
 
The marked hyper-intense signal of meconium allows delineation of meconium-
filled bowel segment (colon, small intestines) (Shinmoto et al., 2000; Saguintaah et 
al., 2002; Veyrac et al., 2004). Thus, T1 weighted sequences are essential in fetal 
abdominal imaging. Furthermore, T1 weighted imaging is crucial in demonstrating 
blood and calcification. The high sensitivity for detecting even diluted blood has 
been demonstrated in a case of intra-amniotic bleeding (Verswijvel et al., 2002).  
 
Other indications for use of in-utero T1 weighted images have been reviewed in 
several publications, e.g., (Levine, 2002; Prayer et al., 2004; Brugger et al., 2006).    
 
3.4 Diffusion Weighted Imaging and Diffusion 
Tensor Imaging 
3.4.1 Diffusion Weighted Imaging (DWI) 
Diffusion Weighted Imaging (DWI) is highly sensitive in detecting certain brain 
diseases such as hypoxic-ischemia or periventricular leukomalacia (Baldoli et al., 
2002; Righini et al., 2003a) as well as for observing normal cerebral development. 
DWI is performed using an EPI sequence that required initial acquisition of non-
diffusion weighted images, then 3 diffusion weighted images with diffusion 
sensitization gradients in each of 3 non-collinear directions. By measuring the 
apparent diffusion coefficient (ADC) value, it is possible to assess maturation 
dependent micro-structural changes of cerebral WM and to detect diffuse WM 
abnormalities. DWI can also be used in detecting old and small hemorrhagic foci 
(Brunel et al., 2004).  
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DWI changes have been shown in postnatal studies of both premature and term 
newborns. During brain maturation, there is a progressive decrease in total water 
content within the brain and increase in lipid concentration. The so-called 
“premyelinization” state is characterized by progressive water movement 
restriction with a decrease in ADCs and restriction of water diffusion directionality 
with an increase in anisotropy (Huppi et al., 1998; Prayer and Prayer, 2003; Bydder 
and Rutherford, 2001; Neil et al., 1998). 
 
 
    
 
Figure 3.4: In-utero fetal Diffusion Weighted Image scanned with spin-echo EPI sequence 
 
This is a fetus scanned at GA 27 weeks with b-value 500 s/mm2 and diffusion sensitization 
gradient from 3 non-colinear directions at 1.5 Tesla. Its in-plane resolution is 2.3mm× 3.9mm, 
and slice thickness is 5mm with 1mm slice gap. Other parameter details are listed in the 
fourth row of table 3.1. 
 
 
In fetuses, mean ADC normal values have been reported in one series of 15 fetuses 
with GA ranging from 22 to 35 weeks (Righini et al., 2003b). Their study was 
performed on a 1.5 Tesla scanner, and using b-value 600s/mm2 (equals to 
0.6 2/ms mµ ) ADC values from three regions of interests (ROI) including frontal 
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and occipital white matter and basal ganglia gray matter have been measured as 
1.96 ± 0.1 2 /m msµ , 1.95 ± 0.1 2 /m msµ and 1.56 ± 0.1 2 /m msµ respectively. They also 
found a significant negative correlation between ADC and gestational age for basal 
ganglia, whereas only a trend was present for frontal white matter (Righini et al., 
2003b).  
 
Another group performed similar study by examining 24 fetuses with GA ranging 
between 31 to 37 weeks also on a 1.5 Tesla scanner with b-value 700 s/mm2 and 
diffusion sensitization gradient from 6 non-colinear directions. They reported mean 
ADC values 1.8 2 /m msµ in the centrum semiovale, 1.2 2 /m msµ in the splenium of 
the corpus callosum and 1.1 2 /m msµ in the pyramidal track. They also observed 
decrease in ADC values with gestational age in the pyramidal tract and the corpus 
callosum and a trend towards a decrease in the centrum semiovale (Bui et al., 2006).  
 
However, DWI is a very noisy sequence; moreover, it is extremely sensitive to 
motion because of the added diffusion gradient. Therefore, fetal motion and 
maternal respiration make it very difficult to acquire reliable and high resolution 
DWI scans, which will of course hinder accurate estimation of ADC value. Even if 
the individual diffusion weighted images are of suitable quality, motion between 
image acquisitions can make the slices spatially inconsistent and so preclude 
calculation of the ADC. All previously reported trials used a very thick slice 
thickness, e.g. 5-6mm, and the acquisition time varies between 20s with 3 non-
colinear diffusion gradient directions (Righini et al., 2003b) to 53s with 6 non-
colinear diffusion gradient directions (Bui et al., 2006). Although it is onerous, 
maternal breathhold was required during image acquisition. These early 
experiments relied on the chance event of the fetus remaining still for all 4 - 7 sets 
of images so that apparent diffusion coefficients (ADC) could be calculated.       
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3.4.2 Diffusion Tensor Imaging (DTI) 
Diffusion tensor imaging (DTI) offers the potential for more information than DWI, 
and has been widely used in both adult (Moseley, 2002) and neonatal studies 
(Counsell and Boardman, 2005; Rutherford et al., 2004), particularly for 
tractography studies. DTI is a valuable technique for evaluating fibre development, 
for example in the vicinity of gyration abnormalities or in association with agenesis 
of the corpus callosum. The fractional anisotropy (FA) value increases with brain 
maturation and different patterns of fibre tracking can be seen with changing 
gestational age.  
 
However, DTI is even more challenging than DWI for fetal imaging, because it 
requires a b=0 image and at least 6 diffusion images that are sensitized in non-
collinear directions for each slice studied. These extra images increase the 
minimum acquisition time so that the requirements for the maternal breath-hold 
become more onerous. Without a maternal breath-hold fetal motion combines with 
the mother’s respiration to disrupt the spatial correspondence between component 
images required to calculate tensor properties. Moreover, the added diffusion 
sensitizing gradients make the diffusion weighted images highly sensitive to even 
small amount of motion. This results in data that is frequently corrupted by in-
plane motion as well.  
 
The first in-utero human fetal brain diffusion tensor imaging was only reported 
very recently, by  Bui et al., in 2006, who performed DTI on a group of 24 fetuses 
without cerebral abnormality on T1 and T2 weighted images with gestational age 
between 31 weeks and 37 weeks plus 3 days. They used a spin-echo EPI sequence 
with 6 non-colinear diffusion gradient directions and its in-plane resolution is 
2.95mm × 1.09mm, and slice thickness is 5mm. The whole sequence took 53s and 
the mother was sedated. Besides the ADC value, they measured some FA values 
but without showing any FA maps. According to their measurement, the 
mean ± standard deviation (STD) FA values in the centrum semiovale, splenium of 
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the corpus callosum and the pyramidal track were 1.13 ± 1.39%, 3.76 ± 3.95% and 
4.72 ± 5% respectively. Despite the even larger STD compared to the mean, their 
mean FA values were significantly lower than those found in DTI studies in 
preterm infants at similar gestational age. They hypothesized that technical factors 
such as insufficient in-plane resolution, inhomogeneities and decreases in SNR led 
to a very significant under-estimation of the white matter FA value. However, the 
fundamental flaw in the FA estimation may be there is fetal motion and mother’s 
respiration within their 53 second DTI data acquisition. This kind of motion makes 
diffusion gradient directions for individual slices inconsistent and therefore, 
invalidates the calculation of the diffusion tensor. 
 
3.5 Functional MRI (fMRI) 
Until very recently, most MRI studies of in-utero fetal brain have concentrated on 
structure rather than function. These have provided important information on 
neuro-anatomical development but limited information regarding the functional 
development of the fetal brain. (Fulford et al., 2003a)  Human fetal brain activity is 
usually studied indirectly by monitoring changes in fetal heart rate associated with 
fetal movements. Functional MRI (fMRI) is a well established technique to study 
the brain response to stimulus in ex-utero studies, e.g., both adults (Friston et al., 
1998) and pediatric subjects (Born et al., 1998). It can provide valuable 
information to understand the interaction between both brain structure and function, 
and to study the localization of action.  
 
The first direct investigation of fetal brain activity in-utero via fMRI was reported 
in 1999 performed by (Hykin et al., 1999) from the University of Nottingham using 
acoustic stimulation. They replayed the recorded nursery rhyme from the mother to 
the fetus during scanning by a loudspeaker connected to 1.5m of 10cm diameter 
piping that was pointed at the mother's abdomen. The experiment was performed 
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on 4 volunteers with apparently normal and singleton pregnancies, and one was 
excluded from fMRI reconstruction because of significant motion during scanning. 
Significant temporal-lobe activation was seen in two out of three individuals 
(Hykin et al., 1999). Later in 2001, Moore et al. from the same group extended the 
earlier pilot work to a larger subject group of 12 and found 4 out of 10 successful 
fMRI reconstructions show significant activation in one or both the temporal lobes. 
  
Fulford et al., 2003b reported the first experiment on in-utero fetal brain activity in 
response to a visual stimulus by using a block fMRI paradigm with a bright, 
constant-intensity light source being shone at the maternal abdomen for 8 seconds 
followed by 16 seconds of darkness. They performed this on 9 volunteers with 
normal and singleton pregnancies, and found significant activation localized within 
the frontal cortex from 5 out of 8 successful fMRI reconstructions.  
 
All these fMRI experiments were performed on pregnant subjects at term (>36 
weeks gestational age), when the fetal motion is reduced as the fetal head is 
engaged within the maternal pelvis at this very late stage of pregnancy. Moreover, 
the voxel size used was relatively large (typically 4mm× 4mm in-plane with a slice 
thickness of 10mm) to maximize the signal-to-noise ratio (SNR) and accelerate 
image acquisition, but this significantly compromised the localization of activated 
regions.  
 
More detailed reviews can be found from Gowland and Fulford, 2004. 
 
3.6 Existing Challenges  
MRI has been widely adopted clinically as a crucial supplement for ultrasound in 
in-utero fetal examination especially for pathologic diagnosis. Techniques have 
been developed since 1983 to allow the early development of human brain to be 
3.6 Existing Challenges                           76                       
 
studied in superior detail as described in previous sections. However, many 
challenges remain. 
 
3.6.1 Anatomical Imaging 
The unpredictable fetal motion has led to widespread use of single shot techniques, 
e.g. the ssTSE sequence, to freeze fetal motion and get a series of high quality 2D 
slices. However, in a conventional clinical exam, resolution and slice thickness are 
generally compromised to maintain signal-to-noise ratio (SNR). In addition, 
although parallel slices are prescribed in the scanner coordinates, the anatomical 
brain slices obtained are frequently inconsistent because of changes in fetal 
position between shots. It is therefore generally not possible to combine multiple 
slices into a self consistent view of the 3D brain.  
 
Fetal and placental volumetric studies using EPI sequence are reported (Duncan, 
2001) but at a low resolution-3.5mm × 2.5mm in-plane with a slice thickness of 
7mm. This is probably good enough to perform fetal weight assessment, but will 
hinder the detailed morphometric and volumetric studies to investigate cortical 
folding or for cerebral volume measurement. 
 
Besides the well accepted T2-weighted ssTSE sequence that provides excellent 
image quality, the T1 weighted imaging protocols are far from optimized with poor 
grey matter / white matter contrast. This is because of the longer and more similar 
T1 values of GM and WM in developing fetal brain. Moreover, T1 values of GM 
and WM are decreasing with increasing gestational age (GA), therefore, GA 
dependent protocols could be highly valuable in ensuring optimal contrast 
regardless of GA.  
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3.6.2 Functional Imaging 
An even greater challenge is in-utero Diffusion Weighted Imaging (DWI) and 
Diffusion Tensor Imaging (DTI). As detailed in section 3.4.1 and 3.4.2, very 
limited studies have been reported. This is mainly due to the technical barrier in the 
conventional diffusion weighted sequence that is highly sensitive to fetal motion 
and maternal respiration. Motion not only produces various artifacts in the 
diffusion weighted images, but also invalidates the evaluation of the diffusion 
tensor matrix, and of course, the ADC and FA values.  
 
Initial trails of fMRI studies of in-utero fetal brain are primarily reported from the 
Nottingham group. This may be the most challenging examination of all. Not only 
is motion a formidable problem here, but activation from the hemodynamic 
response is generally only 1-2 percent compared to the base signal. Therefore, to 
increase the SNR, a large voxel size has to be used. However, high resolution 
because of the tiny size of fetal brain is very desirable to achieve better localization 
of the response.        
 
In the following chapters of this thesis, solutions to achieve the high resolution and 
high SNR volumetric reconstruction of in-utero fetal brain have been proposed, 
both for anatomic imaging and diffusion tensor imaging. 
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Table 3.1: Sequence parameters for in-utero fetal brain MR imaging 
 
There are 4 main sequences used in my study that are performed using Philips 1.5T Intera system at Hammersmith Hospital, London, UK. 
 
1) ssTSE T2 Clinical sequence is a single-shot sequence with thick slice thickness that used in routine clinical scan. 
 
2) ssTSE T2 Dynamic sequence is a single-shot ultra-fast sequence with thinner slice thickness and slice overlapping. This is aiming for isotropic 
volume reconstruction that detailed in section 4.4. 
 
3) T1 MPRAGE sequence is a fast 3D sequence that acquire T1-Weighted volume imaging within breathhold time. The inversion delay for this 
sequence is TI = 1210ms, and the recovery time is 398ms according to initial numerical simulation.  
 
4) DWI sequence is a spin echo echo-planar imaging sequence with 3 orthogonal diffusion sensitization directions. 
 
5) DTI sequence is a spin echo echo-planar imaging sequence with 15 non-colinear diffusion sensitization directions as detailed in section 6.3 
 
 
Sequence Name FoV (mm) 
TH/gap 
(mm) Matrix SENSE
TR 
(ms) 
TE 
(ms) 
Flip Angle 
(d) 
No. of 
slices 
Times 
(s) 
ssTSE T2 Clinical 320× 266 4.0 / 0.4 352× 142 1.5 2200 90 90 20 42 
ssTSE T2 Dynamic 320× 320 2.5 / -1.25 256× 256 2.0 15000 100 90 64 60 
T1 MPRAGE  
(TI = 1210ms) 
TREC = 398ms) 
400× 400 3.0 / 0 192× 192 2.0 7.6 4.6 12 11 18 
DWI (b=500, 3 
direction) 300× 300 5.0 / 1.0 128× 77 1.5 1164.9 75 90 10 11.6 
DTI (b=500, 15 
direction) 300× 300 3.0 / -1.5 150× 150 N/A 12000 63 90 60 384 
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Chapter 4 
Snapshot MRI with Volume 
Reconstruction (SVR) Method 
for Imaging Moving Subjects 
4.1 Introduction 
This chapter details a novel method called the Snapshot MRI with Volume 
Reconstruction or SVR that I developed to image moving subjects at high 
resolution and high SNR.  
 
4.1.1 General Motion Correction Methods 
Imaging in the presence of subject motion has been an ongoing challenge for 
Magnetic Resonance Imaging (MRI). Motion makes MRI data inconsistent, 
causing artifacts in conventional multi-shot imaging methods. Where motion is 
approximately periodic, such as in the heart, time gated methods can be effective 
(Lanzer et al., 1984). For more complex motions or non-periodic behavior data has 
been prospectively or retrospectively corrected using motion estimates from 
navigators or external motion sensors. Navigators and external optical trackers 
have been used extensively for cardiac imaging (Wang et al., 1995) and for brain 
imaging both to deal with large motion (Zaitsev et al., 2006) and to correct motion 
induced errors in diffusion imaging where sensitivity to motion is greatly enhanced 
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(Ordidge et al., 1994). Other related methods use k-space sampling strategies that 
contain repeated samples so that data consistency can be enforced. Examples 
include motion compensation projection-reconstruction (Glover and Pauly, 1992), 
self navigated spiral imaging (Khadem and Glover, 1994) and PROPELLER (Pipe, 
1999). More recently general methods based on matrix formulations have been 
developed for motion artifact correction when there is localized or non-linear 
spatial change (Atkinson et al., 2004; Batchelor et al., 2005). These make use of 
array coil data to enforce self consistency or external measurements to directly 
estimate motion or other parameters. 
 
An alternative approach is to freeze subject motion using rapid snapshot imaging, 
in which the data for complete images is acquired in a short period of time, often 
using single shot multi-echo techniques. Extended spatial coverage is achieved by 
sequential acquisition, usually one slice at a time. This approach has found favor in 
diffusion and perfusion imaging and for time course studies such as fMRI. 
Traditionally in fMRI, motion correction is performed in post-processing by 
applying affine (usually rigid body) registration to successive blocks of slices 
covering the whole brain volume in a time series (Cox, 1996; Woods et al., 1992; 
Smith et al., 2004; Jenkinson et al., 2002; Friston et al., 1995); averaging the 
corrected volumes together generates a mean template image that can be used to 
further improve registration accuracy (Jenkinson et al., 2002). A problem with this 
kind of volume-to-volume registration can occur if severe motion happens during 
the acquisition of multi slice packages, since then individual volumes may be 
substantially inconsistent and so undermine the motion correction scheme. In 
addition, the snapshot images are frequently acquired with small gaps between 
slices, so that there may be insufficiently dense sampling to accurately interpolate 
the data when it is re-sliced to correct for changes in subject position (Noll et al., 
1997). 
 
Super-resolution approaches have been first proposed by (Huang and Tsai, 1984) to 
calculate high-resolution images from a set of spatially shifted, low-resolution 
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images. It assumes that in a general model of an imaging system through which a 
high-resolution scene undergoes a geometrical transformation and optical blur. The 
resulting low-resolution image is the outcome of this sampling plus additive noise. 
The principle of super-resolution algorithms is to acquire several low-resolution 
images {gk}, with slightly different imaging conditions, and then estimate the high-
resolution source, f, that best explains the combined the low-resolution data. A 
variety of approaches (Kim et al., 1990; Irani and Peleg, 1993) can be found in the 
super-resolution literature that iteratively determine the high-resolution source. 
Peled and Yeshurun (2001) proposed that a super-resolution approach can be used 
in MRI. However, this was disputed by Scheffler (2002),  who pointed out that 
since all the low resolution images were acquired with the same FoV and 
resolution the sampled positions in k-space are identical for all images, since the 
sampling positions in k-space are uniquely defined by the given FOV and 
resolution, and vice versa. Therefore, the final reconstruction result of this kind of 
super-resolution approach cannot change their low-resolution although obviously 
SNR is increased by combining the data. The authors largely acknowledged his 
arguments in their reply (Peled and Yeshurun, 2002).  
 
The underlying concept of super-resolution is to interpolate using multiple views of 
the same scene. It seems that this can work, but it operates in the native data 
acquisition domain. In optical imaging systems this is the images themselves. The 
same might apply in the slice direction for multi-slice MRI data, but in Fourier 
acquired MRI the same process would operate in k-space. This suggests an 
interesting link between super-resolution and SENSE 
 
4.1.2 Motion Reduced Imaging Techniques and Correction 
Methods in in-utero Fetal MRI  
This work was motivated by the challenge of fetal brain imaging. Current practice 
in fetal brain imaging by MRI is to use single shot methods to freeze fetal motion 
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and so acquire individual slices that are relatively free of motion artifacts. Early 
work used Echo Planar Imaging (EPI) (Duncan, 2001), but more recently single 
shot Fast Spin Echo (ssTSE) (Prayer et al., 2004) methods have been widely 
adopted because they offer improved tolerance of magnetic field inhomogeneity 
and do not require fat suppression. Real-time user interactive ssTSE sequences that 
employ driven equilibrium to realign transverse magnetization remaining at the 
final echo have also been introduced to assist the MR technologist in imaging the 
fetus that changes position by interactively controlling parameters such as slice 
position, orientations, field of view, and the slice thickness (Busse et al., 2000; 
Glenn et al., 2005; Kazan-Tannus et al., 2005; Levine et al., 2006). Imaging is 
normally performed with array receiver coils that envelop the mothers’ abdomen to 
improve signal to noise ratio (SNR) and these also allow parallel imaging methods 
(e.g. SENSE, (Pruessmann et al., 1999)) to be used to shorten the echo train lengths 
and so increase resolution. Following acquisition of scout images, a series of 
parallel slices is prescribed that cover the fetal brain, but fetal motion during 
acquisition frequently results in spatially variable views from slice to slice (figure. 
4.1). This precludes viewing the fetal brain as a self consistent 3D structure (figure. 
4.1, b-d) and limits analysis to subjective interpretation, measurements in single 
slices only or statistical approaches. It is quite common to scan while the mother 
holds her breath to minimize motion between shots, but this limits the time 
available for individual brain acquisitions to about 20 seconds. This single shot 
approach has proved robust and highly practical for clinical work (Prayer et al., 
2004), but has to be operated at limited resolution (typically 1.4mm) with moderate 
slice thickness (typically 4mm) to ensure full brain coverage in a breathhold and 
adequate SNR in the individual images. In addition, because of fetal motion it is 
common to repeat individual acquisitions multiple times to achieve sufficient 
images in the standard anatomical planes required to facilitate radiological 
interpretation. Each dataset requires its own manual placement based on the most 
recent evidence of fetal position and orientation, so that examinations may become 
extended even though the final images used were acquired in a few seconds. 
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Multi-shot motion corrected methods could offer the benefit of increased SNR and 
resolution, but achieving data consistency is complicated by the differential motion 
of the fetus and mother, which makes simple motion models unsuitable for 
correction of k-space data, and the need for any motion detection method to track 
movements in all six degrees of freedom (3 translations and 3 rotations) for every 
shot. 
 
 
 
Figure 4.1: Motion corrupted 3D fetal brain images 
 
(a) How a radiologist usually plans a fetal scan to acquire transverse images of the fetal brain. 
If the fetus moved during scanning, the transverse view (b) retains its high resolution 
appearance, but coronal (c) and sagittal (d) views are corrupted by motion. 
  
 
Independently from the work presented in this thesis, (Rousseau et al., 2005, 
Rousseau et al., 2006) reported an approach to form 3D fetal brain MR images 
using image registration and reconstruction. In their application, non-overlapping 
slices with 1×1 mm in-plane resolution, and thicker 3mm slice thickness from all 
three orthogonal orientations were acquired first. Then, a slice-to-volume 
registration using a local optimization method with normalized mutual information 
(NMI) as its cost function was performed for motion correction. In the final 
reconstruction, a mean with each signal value weighted using a model of the 
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acquisition slice profile within a local neighborhood was calculated as the intensity 
on a regular grid using a Gaussian kernel. This is actually using a Gaussian slice 
profile as an interpolator in the slice direction. They produced 3D fetal brain 
volume images with obvious spatial consistency. However, the use of Gaussian 
slice profile as an interpolator substantially reduced spatial frequency content in the 
through slice direction of each contributing set of slices and so resulted in blurring 
in all three orientations including the original acquired high resolution plan. 
  
4.1.3 Overview of the SVR Method  
To achieve high resolution 3D brain images of the fetal brain we have developed a 
complementary approach that uses dynamic single shot scanning to sample the 
spatial region containing the brain with multiple overlapping slices. Repeated 
sampling of slice planes greatly increases the probability that every part of the fetal 
brain is sampled even when there is significant motion. Image registration is then 
used to retrospectively align the images obtained based on the assumption that they 
represent a single rigid body undergoing an unknown motion. Having determined 
the correct location of each image in a self consistent anatomical space of the fetal 
brain, we regard the measured voxel intensities from all the slices as valid samples 
at known although irregularly spaced locations and use a scattered interpolation 
approach to reconstruct an optimal estimate of the 3D fetal brain. The final result is 
a 3D image dataset on a Cartesian voxel lattice that can then be re-sliced into any 
desired plane for viewing or analysis (Jiang et al., 2006a; Jiang et al., 2006b).  
 
We term this concept of using dynamic single shot slice by slice imaging combined 
with retrospective alignment and data fusion to produce self consistent 3D volume 
images Snapshot MRI with Volume Reconstruction or SVR. Although inspired by 
fetal scanning it has wide application to imaging moving objects that can be 
assumed to have a constant shape, particularly when there may be other objects in 
the field of view that undergo differential motion and/or changes in shape. We have 
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therefore tested the method in the general context of imaging the brains of subjects 
who cannot remain sufficiently still for conventional MRI examinations. 
 
4.2 Assumption 
Consider an unknown 3D structure undergoing an unknown motion. We will 
restrict the discussion to structures that can be treated as rigid bodies, changing 
position and orientation during the examination, but not changing in shape, size or 
signal properties. We shall take the brain as an exemplar of such structures. The 
scenario of interest involves motion that is fast enough to preclude conventional 
high resolution 3D MRI, but slow enough to allow snapshot imaging methods such 
as EPI or ssTSE to produce individual high quality images. 
 
We now take the fetal brain as an exemplar to illustrate the methodology. As 
displayed in figure 4.1, the fetal brain is the rigid body and each acquired snapshot 
image is an accurate sample of the anatomy being imaged, although successive 
slices do not form a consistent representation. Note that the surrounding tissues of 
the mother’s abdomen are also changing non-rigidly in a way that is not necessarily 
correlated with the fetal motion. Working in the image domain it is possible to 
segment the anatomy of interest and separate it from the rest of the field of view. 
 
4.3 Methodology 
The acquired slices consist of voxels which have a measured intensity I(X,Y,Z) at 
prescribed positions in the scanner frame of reference, Ω0(X,Y,Z). We now adopt a 
3D Cartesian coordinate system Ω(x,y,z) fixed relative to the anatomy of interest. 
This coordinate frame is moving relative to the scanner coordinate frame. The 
acquired voxel data are legitimate samples in Ω, but at unknown locations (x,y,z). 
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Because of the motion the samples I(x,y,z) are irregularly spaced in Ω. Provided 
their locations can be determined and the samples are sufficiently dense throughout 
the region of interest in Ω, data interpolation can be used to generate a full 
representation on a regular Cartesian lattice (i,j,k) in Ω. Successful reconstruction 
of a 3D representation that can then be reformatted into any desired plane thus has 
3 requirements: 
1) Sufficient samples in Ω to allow full representation of the structure. 
2) Determination of the mapping from Ω0(X,Y,Z) to Ω(x,y,z) for each 
sample. 
3) Interpolation of the scattered, irregularly spaced samples I(x,y,z) onto a 
regularly sampled 3D image I’(x,y,z) . 
 
4.3.1 Achieving the Required Sample Density 
We first consider the case of a static brain imaged with 2D slices. The slice data 
will be acquired with a single shot technique. In practice we used a single shot fast 
spin echo (ssTSE) sequence with half Fourier acquisition (Semelka et al., 1996) 
and SENSE (Pruessmann et al., 1999). In the slice plane the data is acquired in the 
Fourier domain with k-space sampled at the Nyquist spacing for the desired field of 
view up to a maximum value that sets the in plane resolution. The acquisition 
sequence is single shot, so there will be some signal modulation across k-space. In 
the absence of this there would be equal weighting of all k-space samples and the 
image domain point spread function (PSF) would be a Sinc function. The actual 
signal is likely to be attenuated at higher spatial frequencies so the spectral content 
will be slightly attenuated and the PSF will also be slightly modified. The images 
are strictly bandlimited.  
 
In the through slice direction the PSF is the slice profile. Following (Noll et al., 
1997), we view slice selection as a process of first convolving the target anatomy 
with the slice profile, and then sampling the resulting modified structure. Each 
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selected slice is then a single sample, and the sampling density required to ensure 
there is no spectral aliasing is determined by the spectral content of the slice profile. 
The traditional idealized rectangular profile has an extended spectrum requiring 
very dense spatial sampling which would be very inefficient. However use of a 
softer slice profile, such as a Gaussian, results in a more practical sampling 
requirement. In practice we measured the slice profile produced by the ssTSE 
sequence and found it approximately Gaussian. In this case sampling at intervals of 
about half the full width at half maximum (FWHM) of the slice profile is required 
(Noll et al 1997). We therefore adopt a strategy of imaging with slices separated by 
H = 0.5FWHM. It is then logical to regard H as the nominal resolution length in the 
slice direction (i.e. this is the effective voxel spacing). 
 
Since the objective is to produce a 3D image volume we choose imaging 
parameters that result in approximately isotropic resolution. For the in-plane Sinc 
PSF the FWHM of the central peak is 1.2L and the first zero crossings are 
separated by 2L, where L is the acquired pixel resolution. In what follows we 
generally set H = 0.6L. Thus the 3D PSF is anisotropic with a central peak that is 
slightly narrower in the in-plane direction, but is more localized in the slice 
selection direction. The sampling strategy ensures full sampling in all 3 dimensions 
and the effective maximum spectral content is approximately equal in all directions, 
although the k-space filtering is likely to be more pronounced in the slice select 
direction. 
 
In the proposed application the brain to be imaged may move between individual 
slice acquisitions. This causes uneven slice samples when viewed in the anatomical 
reference frame (Ω) and is likely to result in violation of the Nyquist sampling 
criterion at some locations. To avoid this problem the target volume in Ω0 is 
repeatedly imaged by simply looping through all slice positions so that in the 
absence of motion each location is sampled multiple times. We refer to each 
complete set of slices spanning Ω0 as a loop. The number of loops required 
depends on the motion. In these experiments we used 4 to 8 loops. 
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4.3.2 Determination of the Mapping from Ω0(X,Y,Z) to 
Ω(x,y,z) for Each Sample 
A multi-time scale registration and combination approach is employed to determine 
the transformation from laboratory coordinates Ω0(X,Y,Z) to anatomy coordinates 
Ω(x,y,z) for each slice.  
 
The data is first divided into temporally contiguous blocks each containing 
multiple slices that together provide full coverage of the volume of Ω0(X,Y,Z) of 
interest (i.e. 1 loop). Neglecting subject motion, these slice blocks are treated as 3D 
volumes and registered together using rigid body transformations. One block is 
chosen as the target for these registrations. For cases of extreme motion the volume 
with least motion, i.e., the loop that is most self-consistent when viewed from three 
dimensions, is chosen as registration target. 
 
Once the data is aligned, it is combined together to form an average data set. The 
time scale is then reduced so the data is divided into sub-packages that are 
temporally contiguous although the slices in each sub-package may not be spatially 
contiguous. These sub-packages are each registered to the average brain created 
from the rest of the data using the previously determined transformations. Since the 
slices in a sub-package may not be adjacent to one another, the registration process 
involves moving the sub-package with the average brain held fixed in space, 
always working at the voxel locations of the sub-package. When the 
transformations (T(Ω0 → Ω)) of all sub-packages have been determined, an 
updated average brain is calculated. The time scale is then reduced again and the 
process repeated until each slice is treated in isolation and registered to the latest 
estimate of the brain composed of all the other slices. 
 
4.4 Implementation and Validation Details                           89                       
 
4.3.3 Interpolation of Irregularly Sampled Data 
Having determined the correct spatial alignment of the slice data it must be 
combined into a single 3D space (Ω). Each acquired slice pixel is a valid sample of 
the brain being imaged and its location is known as a consequence of the image 
registration process. Because of the motion these samples are irregularly scattered 
in Ω and if sufficient loops have been obtained we expect there to be samples 
separated by H or less everywhere, so that the underlying structure is fully sampled 
at the imaging resolution. To convert from this scattered data to a regular Cartesian 
grid of samples requires interpolation. The required interpolator must preserve 
spectral content to avoid blurring the final reconstruction or introducing intensity 
errors. An ideal interpolator from this perspective is a Sinc convolution with 
unlimited support, but this is computationally expensive, so other interpolators may 
be preferred (see later). An alternative approach was adopted by (Rousseau et al., 
2005; Rousseau et al., 2006) and in our early work on the SVR method (Jiang et al., 
2006), in which a model of the slice profile is used as an interpolator specifically in 
the slice direction. A Gaussian slice profile was used in both methods, however this 
can substantially reduce spatial frequency content and result in excessive blurring. 
 
4.4 Implementation and Validation Details 
4.4.1 Acquisition Details 
Fetal brain images were acquired on a Philips 1.5T Intera system. Test data and 
images of the brains of neonates, children and adults were acquired at 3T. The 
basic sequence uses ssTSE methods with half Fourier data collection to acquire 
multiple T2 weighted 2D slices. The imaging was performed as dynamic loops 
with the scanner operating continuously to acquire parallel slices at a rate of about 
1/second. The scans were specified as loops of continuous and overlapping slices 
with slice thickness 2H and slice gap –H to allow slice separation H and achieve 
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dense sampling as described before. Slices were acquired in 4 packages and within 
each packages starting at one extreme end in an interleaved order, i.e., 
1,17,33,49,5.….., 2,18,34,50,6,….., 3,19,35,51,7,……,  4,20,36,52,8,……. to avoid 
slice cross-talk by ensuring that for each slice the previously excited closest slices 
were separated by 16H and sequentially acquired. For a slice acquisition rate of 
~1/sec with 60 slices covering the region of interest the total loop time would be 60 
seconds and for each acquired slice the closest slices were excited at least 15 
seconds previously or subsequently so that the relaxation history in the vicinity of 
the current slice is effectively uniform.  
 
For fetal imaging at 1.5T, TE was chosen as 100ms to achieve good Grey/White 
matter contrast while TR was kept as the shortest (typically 15000ms for each 
package) to minimize acquisition time. The echo train length was 83 and a SENSE 
factor of 2 was used to acquire images with in-plane resolution of 1.25×1.25 mm. 
The slice thickness (2H) was reduced from our clinical standard of 4mm to 2.5 - 
2.8 mm depending on the maturity of the fetus (row 1, table 4.1). Sixty overlapping 
slices gave sufficient spatial coverage. Images were acquired using a 5 channel 
torso array coil with the mother free breathing and without sedation. Images were 
automatically intensity corrected using knowledge of the coil sensitivity profile.  
 
Both the adult and neonatal images were acquired on a Philips 3T Achieva system 
using the standard 6 channel SENSE head array coil. The basic dynamic scanning 
pattern was the same as for the 1.5T studies, with protocols modified according to 
different T2 values of the brain tissues with age and at 3T. For adult studies, T2 
weighted ssTSE images were acquired with TE = 100 ms, in-plane resolution 
1.0 × 1.0 mm and slice thickness (2H) 2.5 mm (row 4, table 4.1). For neonatal 
studies, TE = 160ms and acquired in-plane resolution 1.0×1.0 mm, slice thickness 
(2H) 2mm was used to achieve both high Grey/White matter contrast and final 
isotropic reconstruction of ~1mm (row 2, table 4.1). For pediatric subjects scanned 
also at 3T, whose age is between 2 years old and 5 years old, TE =120ms and 
acquired in-plane resolution 1.0×1.0 mm, slice thickness (2H) 2mm was used to 
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achieve both high grey/white matter contrast and final isotropic reconstruction of 
~1mm (row 3, table 4.1).  
 
In both the 1.5T and 3T studies either 4 or 8 basic loops of dynamic scans were 
acquired in a transverse orientation. We also acquired sagittal and coronal slices in 
blocks of 4 loops to explore the effects of combining data from different imaging 
plane orientations.  
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Table 4.1: Sequence parameters for ssTSE structural brain MR imaging used for SVR reconstruction 
 
There are 4 main sequences used in my study for SVR volumetric reconstruction of ssTSE images under motion that are performed using Philips 1.5T 
Intera system and 3.0T Achieva system at Hammersmith Hospital, London, UK. 
 
The SENSE factor for all 4 protocols is 2.0. 
 
1) ssTSE T2 Dynamic sequence for in-utero fetal scanning at 1.5T. It is a single-shot ultra-fast sequence with thinner slice thickness and slice 
overlapping. This is aiming for isotropic volume reconstruction that detailed in section 3.3 and 4.4.1. 
 
2) ssTSE T2 Dynamic sequence for ex-utero neonatal scanning at 3.0T. It is a single-shot ultra-fast sequence with thinner slice thickness and slice 
overlapping. This is aiming for isotropic volume reconstruction that detailed in section 4.4.1.  
 
3) ssTSE T2 Dynamic sequence for pediatric patients who are above 2 years old scanning at 3.0T. It is a single-shot ultra-fast sequence with thinner 
slice thickness and slice overlapping. This is aiming for isotropic volume reconstruction that detailed in section 4.4.1.  
 
Sequence Name FoV (mm) 
TH/gap 
(mm) Matrix 
TSE 
Factor 
No. of 
Package 
TR 
(ms) 
TE 
(ms) 
Flip 
Angle 
(d) 
No. of 
slices 
Times 
(s) 
ssTSE T2 Dynamic 
for Fetus (1.5T) 320× 320 2.5 / -1.25 256× 256 83 4 15000 100 90 64 60 
ssTSE T2 Dynamic 
for Neonate (3T) 220× 176 2.0 / -1.0 220× 176 60 4 25524 160 90 90 102 
ssTSE T2 Dynamic 
for  Pediatric (2 
years+,3T) 
220× 176 2.0 / -1.0 220× 176 60 4 27025 120 90 100 108 
ssTSE T2 Dynamic 
for Adult (3T) 232× 184 
2.5-2.8 / -
1.25-(-1.4) 232× 184 61 4 36825 100 90 130 147 
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4) ssTSE T2 Dynamic sequence for adult scanning at 3.0T. It is a single-shot ultra-fast sequence with thinner slice thickness and slice overlapping. 
This is aiming for isotropic volume reconstruction that detailed in section 4.4.1.  
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4.4.2 Subjects 
Twenty-two fetuses including eighteen singletons and four twins were examined 
with gestational age between 19 and 35 weeks. Eleven were diagnosed from 
ultrasound and conventional fetal MRI as normal while the rest had various 
pathologies as detailed in table 4.2. All examinations were performed with 
approval from the local research ethics committee.   
 
 
GA (weeks) Diagnosis 
19.7 Normal 
20.86 Normal 
22 Cerebellar hypoplasia 
23 Abnormal severe ventricular dilation and small cerebellum 
23 Normal  
23 Normal  
24 Agenesis of the corpus callosum and post ventricular dilation 
24.43 Normal  
25.43 Normal  
26 Normal  
27.43 Hemimegalencephaly 
27 Normal  
28 Abnormal mild unilateral ventricular dilation   
29 Agenesis of the corpus callosum 
30 Rotated vermis  
30 Normal 
31.14 Arachnoid cyst in posterior fossa 
32 Abnormal cerebellum 
33 Normal 
33 Absent septum and mild ventricular dilation 
34.57 Large cisterna magna 
35 Normal 
 
Table 4.2: The gestational age and diagnosis of 22 fetuses scanned in this study 
 
All have been successfully reconstructed with SVR. 
 
 
Two adult volunteer studies were performed in which the subject deliberately 
moved almost every second involving both translations of a few millimeters and 
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rotations of up to 15 degrees. Four neonatal brain studies were performed in which 
the subject was awake and moving during scanning. These latter cases were 
performed at the end of standard examinations in which the neonate woke up 
prematurely perhaps as a result of the acoustic noise from the scanner. 
 
Additional adult data were acquired at 1.5 T with the same protocol as those used 
for fetal scanning to explore possible effects of slice bending when the slice 
orientation was changed.  
 
The fetal brain images were pre-processed to isolate the region containing the head 
from the womb using ImageJ1 by roughly tracing the edge of the head manually 
while excluding the outside maternal tissue. For a fetal data set consisting of 60 
slices, the whole process takes around 20 minutes. All slices were inspected and 
the occasional slices that were corrupted by in-plane motion were excluded before 
registration and reconstruction.  
 
4.4.3 Registration Algorithm 
The method requires individual 2D slices to be registered to a 3D volume. This is a 
difficult problem, particularly in the premature brain which has less complex 
patterns of sulcation than adult brains. Following Jenkinson et al., 2002, a brute 
force search method was developed based on a multi-start, multi-resolution 
approach using the Powell method (William, 1992) to optimize each transformation 
parameter in turn.  
 
Because the data has consistent contrast properties, cross correlation was chosen as 
an appropriate cost function (Jenkinson et al., 2002). Mean square difference could 
also be used as the cost function, but this places more rigorous constraints on the 
signal levels in the slices remaining precisely matched. Mutual information (Wells, 
                                                 
1 http://rsb.info.nih.gov/ij/ 
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III et al., 1996) or normalized mutual information (Studholme et al., 1996) are also 
possible choices, however, these are less robust optimizers for images with the 
same contrast.  
 
 
 
 
Table 4.3: Flowchart of registration and reconstruction algorithm 
 
Left: Multi-resolution and multi-start slice/stack-to-volume registration algorithm within each 
stage. 
Right: Multi-time scale registration and combination approach to determine the spatial 
transformation for each slice. 
 
 
(a)  
Select or Reconstruct a 
Target Volume 
Blur in all directions and down-sample 
both Target and the source data  
Coarse brute-force search  
at equal angular steps for each of 3 
rotations with local optimization of 3 
translations using Powell Method to 
minimise the cost function 
Full local optimization  
(3 rotations and 3 translations)  
for each local optimum detected 
Perform a full local optimization  
(3 rotations and 3 translations)  
for each local optimum detected 
Fine brute-force search  
Use half angular step size and same 
angular range 
Work back at original 
resolution 
Select global optimum from local 
solutions obtained 
Choose the most consistent 
volume (loop) as the Target0 
1st Stage: Register all loops to Target0:  
3 degree search steps, (-18,+18) degree search 
range  
Nth stage: Reduce the time scale by 2 and 
separate each loop into 2N subpackages;  
register each subpackage to target with 
gradually reduced search step and search 
range 
Update the registration 
target by combining 
registered loops together 
to form new Target 
Reconstruct the final 3D volume using 
Multilevel scattered data interpolation 
with Bspline refinement 
Yes
Subpackages contain  
one slice?
No
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Once a cost function has been chosen, it is necessary to apply optimization method 
to search through the parameter space for the transformation which will yield the 
minimum cost value. The rigid body transformations are specified by 6 parameters: 
3 rotations and 3 translations; therefore, the optimization takes place in high 
dimensional space: R6. The problem present here is actually a global optimization. 
Although there general global optimization methods do exist, e.g., simulated 
annealing (William, 1992), it has been proved in the No Free Lunch theorem 
(Wolpert and Macready, 1996) that there is no general method that is superior for 
all problems. Therefore, the method used should ideally be tuned for the particular 
problem at hand - in this case, slice to volume registration using fetal brain MR 
images.  
 
The performance of the optimization method is important, since evaluating the cost 
function requires a large amount of computation. This together with the general 
combinatorial explosion which occurs for higher dimensional spaces, here R6, 
makes any simple search algorithm impractical. In addition, it is also difficult to 
satisfy the convergence criteria in a reasonable amount of time for statistical 
optimization methods such as simulated annealing. Consequently, a compromise is 
made by shortening the schedule in order to achieve a solution within the time 
available. To overcome these problems, one common tactic is to adopt a multi-
resolution approach in conjunction with a local optimization method. (Woods et al., 
1993; Studholme et al., 1996). It performs hierarchical registration on a sequence 
of image pairs, at progressively larger spatial scales that are created from the initial 
pair of images. The optimum found at a lower resolution scale then serves as the 
starting values for the optimization process at next higher resolution scale. The 
optimum found eventually at original resolution scale will be considered as the 
final global optimum. The images at larger scales are down-sampled versions, 
often with pre-blurring, of the original high-resolution images, and so contain 
fewer voxels which means that evaluating the cost function requires less 
computation. In addition, as only gross features of the images remain at these large 
scales, it is hoped that there will be fewer local minima for the optimization to get 
4.4 Implementation and Validation Details                           98                       
 
stuck in. To accommodate the small scale and simple structure of the fetal brain, 
only one level of down-sample at ½ of original resolution is applied here as 
displayed in table 4.3. The pre-blurring is achieved by convolving the original 
image with a Gaussian kernel, the FWHM of which is equal to the ratio of the final 
and initial voxel sizes, so that they have isotropic voxels of size equal to the down-
sampled resolution. 
 
The choice of local optimization method here is not critical, except that it must be 
efficient. Furthermore, since it will be used in a multi-resolution framework, the 
low resolution stages do not need to find highly accurate transformations. The 
Powell method (William, 1992) was chosen as the local optimization method 
because it was efficient and did not require gradients to be calculated, which are 
especially difficult and less robust given the current cost function. Beside, it is also 
less likely to get trapped in local optima compared to gradient decent methods 
(William, 1992) in this application. 
 
To estimate the final transformation sufficiently accurately, a brute-force search of 
the transformation space is desired although infeasible. However, at the lowest 
resolution scale, only the gross image features still exist and so a course search of 
the cost function at this resolution should reflect the major changes in rotations and 
translations, allowing large mis-registration to be avoided. The search is restricted 
to the rotation parameters, as these are the most difficult to find and are the cause 
of many large mis-registrations. The detailed search is divided into three stages as 
shown in table 4.3 - left flowchart: 
1) A coarse search within an angular range at equal angular steps for 
each of 3 rotation parameters with a full local optimization of 3 
translations for each rotation tried. 
2) A finer search using half angular steps within the same angular 
range. 
3) A full local optimization over 3 rotations and 3 translations for 
each local minimum detected from the previous stage. 
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At the final high resolution scale, full optimization over 6 parameters is performed 
starting from each local minimum detected from the low resolution scale. The local 
optimum resulted with the optimal value of the cost function is selected as the 
global optimum to perform the motion correction later. 
 
Set the 3D orthogonal anatomy coordinates Ω(x,y,z) correspond to the initial target 
volume. For the fetal data registration, the initial range of angles tested was 
typically -18 to 18 degrees of rotation in all three directions to ensure that the 
possible motion of the fetus is covered. In later stages, finer ranges of rotation can 
be accepted to accelerate registration, as the starting estimate is known with 
increasing confidence. After empirical testing, we found the following ranges to be 
effective: -9 to 9 degree of rotations for the second stage, -6 to 6 degree rotations 
for the third and -4 to 4 degree rotations for the fourth. At the final single slice 
stage, -2 to 2 degree rotations are used. Cubic Bspline interpolation is used at the 
final stage of multi spatial resolution and multi start stack/slice to volume 
registration algorithm, while at the previous stages, trilinear interpolation is used. 
Detailed procedures for the complete multi-time scale registration and combination 
algorithm are shown in table 4.3’s flowchart.  
 
For registration of the adult and neonatal data, the same algorithm was used with 
different rotation ranges for each stage, since the head motion generally covers a 
smaller range of translations and rotations than for the fetus. Therefore, after initial 
volume-to-volume registration, a narrower range of rotations was adopted (e.g. -9 
to 9 degree or -6 to 6 degree), and some stages with intermediate numbers of slices 
could be skipped to save computational time. If severe motion does occur, strictly 
following the fetal registration scheme provides excellent results. 
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4.4.4 Interpolation Reconstruction Details 
Having identified the correct location of each acquired 2D slice in 3D anatomical 
space a reconstruction from scattered data is required. We adopted an optimized 
multilevel scattered data interpolation method using B-spline refinement to a 
control lattice hierarchy (Lee et al., 1997) to calculate intensity values on a regular 
3D grid. The use of cubic B-splines can allow both high accuracy and 
computational efficiency (Thevenaz et al., 2000).  
Scattered data interpolation refers to the problem of fitting a smooth surface 
through a scattered, or non-uniform, distribution of data samples. The goal of 
interpolation is to reconstruct an underlying function (e.g., surface or volume) that 
may be evaluated at any desired set of positions. This serves to smoothly propagate 
the information associated with the scattered data onto all positions in the domain. 
      
Let 0 ,0 ,0{( , , ) }x l y m z nx y z ≤ ≤ ≤ ≤ ≤ ≤Ω =  be a cuboid domain in the x-y-z space in 
the target image coordinates defined in the registration scheme. Consider a set of 
scattered points in a 4D space , , ,{( )}c c c cy z IP x= , where , , )( c c cy zx  is a scattered 
point in Ω  and cI is the corresponding pixel intensity. We define Φ to be an 
( 3) ( 3) ( 3)l m n+ × + × + lattice of control points with control point spacing 1 that 
spans an integer grid in Ω . Let Φi,j,k be the value of the control point on lattice Φ, 
located at (i,j,k) for i = -1,0,…,l+1, j = -1,0,…,m+1, k= -1,0,…,n+1. An image 
intensity approximation function f is defined in terms of these control points by 
3 3 3
( )( )( )
0 0 0
( ) ( ) ( )( , , ) u v w i u j v k w
u v w
B r B s B tf x y z φ + + +
= = =
= ∑∑∑              Equation 4.1 
 
where 1i x= −⎢ ⎥⎣ ⎦ , 1j y= −⎢ ⎥⎣ ⎦ , 1k z= −⎢ ⎥⎣ ⎦ , r x x= − ⎢ ⎥⎣ ⎦ , s y y= − ⎢ ⎥⎣ ⎦ and  t z z= − ⎢ ⎥⎣ ⎦ . 
uB , vB and wB  are uniform cubic B-spline basis functions defined as  
3
0 ( ) (1 ) / 6B τ τ= −  
3 2
1( ) (3 6 4) / 6B τ τ τ= − +                                         Equation 4.2 
3 2
2 ( ) ( 3 3 3 1) / 6B τ τ τ τ= − + + +  
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3
3( ) / 6B τ τ=  
where 0 1τ≤ < . 
 
In contrast to thin-plate splines (Bookstein, 1989) or elastic-body splines (Davis et 
al., 1997), B-splines are locally controlled, which makes them computationally 
efficient even for a large number of control points. In particular, the basis functions 
of cubic B-spline have a limited support, i.e., changing control point , ,i j kφ  affects 
the approximation only in the local 4× 4× 4 neighborhood of , ,i j kφ  itself. 
 
The density of control lattice Φ overlaid on domain Ω directly affects the shape of 
approximation function f . As Φ becomes coarser, the proximity data set of each 
control point covers a larger number of points in P . This causes many data points 
to be blended together to yield a smoother shape for f  at the expense of 
approximation accuracy. However, as Φ becomes finer, the influence of a control 
point is limited to smaller neighborhoods and P  is ever more closely approximated. 
In the multilevel B-spline approximation a hierarchy of control point meshes 
Φ1.....ΦL, at different control point spacing are used (in this case we progressively 
halved the lattices spacing) starting with the coarsest control lattice Φ1. The 
resulting function 1f  provides a smooth initial approximation that possibly leaves 
large discrepancies at the data points in P . In particular, 1f  leaves a deviation 
1
1( , , )c c c c cI I f x y z∆ = −                Equation 4.3 
 
for each point ( , , , )c c c cx y z I in P . The next finer control point lattice Φ2 is then 
used to obtain function 2f that approximates the difference
1
1 {( , , , )}c c c cx y z IP = ∆ . 
Then, the sum 1 2f f+  yields a smaller deviation 
2
1 2( , , ) ( , , )c c c c c c c cI I f x y z f x y z∆ = − −                    Equation 4.4 
and so on. In general, for a level k in the hierarchy, we derive function kf by using 
control lattice Φk to approximate data {( , , , )}kk c c c cx y z IP = ∆ , where 
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1
1
( , , ) ( , , )kk kc c i c c c c k c c ciI I f x y z I f x y z
−
=∆ = − = ∆ −∑            Equation 4.5 
 
and the final approximation function f is defined as the sum of functions kf , i.e.,  
0
L
kk
f f== ∑ .               Equation 4.6 
 
The density of the finest lattice ΦL controls the precision with which 
f approximates the data points. When ΦL is sufficiently fine compared to the data 
distribution, f can interpolate the data without an approximation error by exactly 
fitting splines to every data point. Since the neighboring data points are likely to 
come from different acquired slices they have independent additive noise. The 
choice of final lattice spacing controls a trade off between preserving fine structure 
and suppressing noise by data aggregation. The optimal lattice spacing will just 
accommodate the actual acquired resolution so that structure is preserved while 
noise propagation is minimized.  
 
4.4.5 Test Data for Registration and Reconstruction 
Accuracy 
In order to test the accuracy of slice-to-volume registration, we first used a set of 
adult MR images scanned with a T2-W ssTSE protocol using a T/R head coil. 
During a single examination with the subject remaining as still as possible, 4 sets 
each of transverse, sagittal and coronal multi-2D stacks were acquired with in-
plane resolution 1.25mm ×  1.25mm, slice thickness 2.5mm. Each stack was 
angulated away from its standard plane by varying amounts up to 30 degrees to 
simulate the effects of variations in head position that would be caused by motion. 
One stack out of these 12 was chosen as the target volume. Every fourth slice from 
the other stacks was extracted and treated in isolation, providing equally spaced 
example slices that covered the majority of the brain. Each of the individual slices 
was registered to the target volume using slice-to-volume registration.  
4.4 Implementation and Validation Details                           103                       
 
In a second set of experiments we used a dataset acquired from the brain of a 
preterm neonate scanned at similar gestational age (30 weeks) to the fetuses in the 
study. This neonate was scanned with T2 TSE protocol using the 6 channel SENSE 
head coil at 3T. The in-plane resolution is 1.0 mm ×  1.0 mm while the prescribed 
slice thickness was 2mm with 1mm slice separation. 1 loop of overlapping slices 
were acquired and reconstructed to form a 3D volume of 1.0 mm×  1.0 mm×  1mm, 
which was considered as the true object (gold standard neonatal data).  The noise 
standard deviation (STD) in this data was 19 with the maximum intensity value 
1510 (figure 4.2 top row). This data was used both to test registration accuracy and 
reconstruction fidelity. For the registration tests, slices were extracted from the 
gold standard data using cubic B-spline interpolation at locations determined from 
registration results obtained from one of the fetal subjects. This produced a 
corrupted dataset with known motion history that included estimates of both the 
induced motion caused by the mother’s respiration and the motion of the fetus 
itself. The model contained sudden motions and the rotation range was wide, up to 
20 degrees. This synthesized data consisted either of 8 loops of transverse slices or 
of 4-loops of transverse, 2-loops of coronal and 2-loops of sagittal slices. All the 
data was then processed in the standard way.  
 
To test the reconstruction accuracy a set of scattered data samples was created by 
sampling the gold standard object at random positions in all three dimensions. The 
number of samples was 8 times the number of gold standard voxels and the 
maximum sample separation was equal to the gold standard voxel size, so the data 
was both over-sampled and dense. This scattered data was then reconstructed onto 
a regular grid using the multilevel scattered data approximation and compared with 
the gold standard. 
 
For both the registration and reconstruction tests noise was added to the gold 
standard data to recreate SNR levels similar as that of the actual fetal scans at 1.5T. 
To cover the entire neonatal brain required 72 slices for each loop in the transverse 
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orientation, 80 slices for each loop in the coronal orientation and 64 slices for each 
loop in the sagittal orientation to be synthesized.  
 
Registration accuracy for the adult data was assessed by visual comparison of the 
anatomy in the slices and the aligned volumes and directly compared with the gold 
standard volume-to-volume registration. For the synthesized motion data the square 
root of the mean squared (RMS) difference in millimeters between the registration 
transformation for each slice and the known input transformation of that slice was 
used as a figure of merit. This is measured on a set of 4 points iP  at the corners of a 
box within the brain tissue of size 100mm× 100mm for each slice as follows: 
4 2
1
/ 4reg iRMS TRE= ∑                 Equation 4.7 
 
whereTRE is the target registration error defined as (Fitzpatrick et al., 2001) 
21( ( ))i i reg ori iTRE P T T P
−= −                Equation 4.8 
 
regT  denotes the estimated geometric transformation and orgT denotes the known 
input transformation (Rousseau et al., 2005). Reconstruction fidelity was assessed 
visually using difference images and by calculating the voxel by voxel RMS 
difference between the gold standard and the reconstruction signal intensities. 
 
4.4.6 Test Data for Control Point Spacing in the Scattered 
Data Interpolation 
After the slices have all been aligned, the data has voxel signals at a set of scattered 
points, so although the resolution remains unchanged, the data samples may be 
much more closely spaced. Each data point has a noise contribution so the spatial 
frequency content of the noise may be larger than that of the data and there is a 
trade off to be made between the reconstruction resolution and SNR. Ideally the 
reconstructed resolution would equal the acquired resolution. To determine the 
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optimal control point spacing for the spline interpolation, 1-D simulation 
experiments were performed. A gold standard band limited model of a point object 
was created with a uniform spatial frequency pass band of 127 units. This was zero 
filled 16 fold and Fourier transformed to produce a 16 times oversampled PSF (see 
figure 4.3a). Independent Gaussian noise with zero mean and standard deviation of 
8% of the peak signal was added to every sample point, then 50% of the points 
were selected at random to produce a trial dataset. This data was then reconstructed 
back onto a regular grid using the finest control point spacings from 1 unit (the 
actual resolution of the bandlimited gold standard) to 1/32 units in steps decreasing 
by a factor 2 each time, given the coarsest control point spacing is fixed as 8 units. 
The results were compared to the noise free gold standard in the image space and 
in k-space. 
 
4.4.7 SNR Test 
The effect of data compounding and of the reconstruction on SNR and resolution 
were also tested with the neonatal dataset. Four copies of the data were created 
with regular samples at unit intervals, but shifted progressively by 1/4 of a slice 
thickness in the slice direction and with independent Gaussian noise added. 
Another numerical experiment was performed by adding independent Gaussian 
noise with increasing STD to the synthesized motion corrupted neonatal dataset to 
create data sets with SNR 11, 8.3 and 6.7 corresponding to SNR values for slice 
thicknesses of 3.3mm, 2.5mm and 2mm respectively at typical 1.5T performance. 
These data were then reconstructed by SVR and compared to the original data.  
 
Finally motion corrupted fetal, neonatal and adult data sets were each reconstructed 
by SVR using a final lattice control point spacing of 0.5L (L = slice spacing in the 
scanner frame). The reconstruction programs were written in C++ and processing 
was done on a 1GHz Pentium PC.  
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4.5 Results 
4.5.1 Slice-to-Volume Registration Accuracy 
The slice-to-volume registration algorithm correctly placed randomly selected 
slices into corresponding 3D volumes in all cases tested even when given no 
starting estimate, although, a reasonable starting point allows use of a smaller 
search range, dramatically accelerating the optimization process. When tested on 
adult and neonatal data for which a ground truth could be known, the rigid body 
transformation determined by 2D to 3D registration was in excellent agreement 
with the reference 3D to 3D registration using Image Registration Toolkit,2 which 
we used as a gold standard since the same 2D slices were then registered as part of 
3D volumes (see table 4.4). It was found to be accurate to 0.19 mm (STD 0.19 mm) 
in translation and 0.19o (STD 0.196o) in rotation, and anatomical correspondence 
was confirmed by detailed visual comparison. 
 
 
 
 RX (deg) RY (deg) RZ (deg) TX (mm) TY (mm) TZ (mm) 
Mean absolute 
Difference 0.194 0.096 0.049 0.0765 0.186 0.113 
STD absolute 
Difference 0.196 0.119 0.051 0.0740 0.190 0.099 
 
Table 4.4: Difference in registration accuracy of three rotations: RX, RY and RZ and three 
translations: TX, TY and TZ between slice-to-volume with SVR and volume-to-volume 
registration with Image Registration Toolkit 
 
300 slices from different angulated transverse, coronal and sagittal orientations were tested in 
total. The registration difference was within 0.196 degree in rotation and 0.190 mm in 
translation. 
 
 
                                                 
2 http://www.doc.ic.ac.uk/~dr/software/index.html 
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4.5.2 Reconstruction Accuracy and Interpolation Trade-
off: Resolution v.s. SNR 
Results from the 1D simulation are shown in figure 4.3. It is clear that with control 
points at unit intervals (i.e. the original resolution) there is a substantial loss of 
spatial frequency content (blue line in figure 4.3b). Reducing the control point 
spacing recovers bandwidth (figure 4.3b) and hence signal fidelity (figure 4.3a), 
but at the cost of SNR (figure 4.3a). Based on these results we adopted a control 
point spacing of 0.5 the acquisition resolution.  
 
 
 
Figure 4.2: Validation of reconstruction using scattered data interpolation 
 
(a)- (c): transverse, coronal and sagittal views of the original gold standard neonatal image 
data.  
(d)-(f): corresponding views of reconstructed images from a set of 8 times as many scattered 
points sampled at random position in all three dimensions from the original object.  
(g)-(i): their corresponding differences displayed with window width reduced by factor 15. 
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A reconstruction form randomly located samples of the gold standard neonatal data 
interpolated back to a regular grid using a finest control point spacing of 0.5 voxel 
size is shown in figure 4.2 (second row). The difference images (figure 4.2, bottom 
row) show the distribution of errors, which were located at edges (intensity 
gradients) as would be expected. The RMS error was 13, which was less than the 
standard deviation of the noise in the original data (STD = 19), so that such errors 
would not generally be detectable in a real case. The efficiency of the 
reconstruction is dependent on the hierarchy chosen – selecting a large initial 
control point spacing allows rapid initial convergence assisting in successive 
approximation to the final desired result, but requires more iterations of the 
algorithm. In practice we found that a control point hierarchy with 6 levels starting 
from 16 times of the actual resolution and decreasing progressively until half actual 
resolution was effective. It take 3 minutes to reconstruct a 128×128×60 volume on 
a 1GHz Pentium PC. 
 
The reconstructed SNR will be proportional to the square root of number of voxels 
that contribute to one reconstructed voxel. For instance, if the average contributing 
voxel number is 4, the SNR should double as compared to the input images (an 
improvement of 100%). The measured mean SNR improvement under this 
condition is 86.7% which is in reasonable agreement with this theoretical 
expectation. 
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Figure 4.3: Reconstructions from simulated band limited data from a point object showing (a) 
the image domain in and (b) the Fourier domain  
 
(a) enlarged detail of original noise free band limited object and results of the multilevel 
scattered interpolation given 8 samples per original pixel with independent Gaussian noise 
added to each (mean = 0, STD = 50) with different finest control point lattice density LΦ .and 
(b) corresponding frequency characteristics. If LΦ is only set to be the actual resolution, the 
bandwidth is not wide enough to reserve the high frequency information as shown in blue. 
However, if LΦ is 1/4 actual resolution or lower excessive high frequency noise is retained. 
Choosing LΦ with control point spacing at half the actual resolution provides a balance 
between preserving resolution and avoiding excessive noise. In each plot the original ground 
truth curves are shown as red chain dashed lines. 
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4.5.3 SVR Accuracy 
Tests of the registration accuracy using synthesized motion corrupted data 
consisting of 4 loops in a transverse orientation with each slice undergoing a 
different rigid motion showed that all 249 slices were positioned accurately with 
cross correlation values above 0.93 after the final registration step.  
 
 
 
Figure 4.4: Comparison of registration accuracy for rotations when using 4 transverse loops 
of transverse slices 
 
The rotations determined by slice to volume registration closely follow the original ones even 
for excursions of up to 20°, and the majority of rotation differences were within 0.2o. The 
mean rotation difference in Rotation X(RX) was 0.0295o (STD 0.1538o) as shown in the bottom 
left figure. 
 
 
Although the initial misalignment is up to 20o in rotations and the initial RMS error 
is up to 18mm, all slices are well matched with a mean error of 0.13 degrees (STD 
0.33o) in rotation and within 0.09 mm (STD 0.15 mm) in translation as shown in 
Figure 4.4 and summarized in the top row of table 4.5. The RMS error is reduced 
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to an average 0.34mm (STD 0.25mm) with the maximum 1.68mm (table 4.6). This 
leads to faithful reconstruction as illustrated in figure 4.5 (g-i).  
 
 
 
 RX (deg) RY (deg) RZ (deg) TX (mm) TY (mm) TZ (mm) 
STD absolute 
Dif 
4 Transverse 
0.1538 0.3288 0.0960 0.1480 0.0645 0.1316 
STD absolute 
Dif 
8 Transverse 
0.1184 0.2415 0.0571 0.1150 0.0374 0.0811 
STD absolute 
Dif 
4T+2S+2C 
0.0727 0.1675 0.0440 0.0532 0.0220 0.0545 
 
Table 4.5: Registration accuracy of 3 rotations and 3 translations among:  
 
4 TRANSVERSE LOOPS  
v.s. 8 TRANSVERSE LOOPS 
v.s. 4 TRANSVERSE LOOPS + 2 CORONAL LOOPS + 2 SAGITTAL LOOPS 
 
 
 
 
 Mean RMS Error STD RMS Error Maximum RMS Error
Before Registration 5.6261 mm 5.0361 mm 18.0189 mm 
4 Transverse 0.3376 mm 0.2514 mm 1.6837 mm 
8 Transverse 0.2952 mm 0.1764 mm 1.3081 mm 
4T+2S+2C 0.1728 mm 0.1247 mm 0.7945 mm 
 
Table 4.6: Registration accuracy of RMS error among:  
 
4 TRANSVERSE LOOPS  
v.s. 8 TRANSVERSE LOOPS 
v.s. 4 TRANSVERSE LOOPS + 2 CORONAL LOOPS + 2 SAGITTAL LOOPS 
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Figure 4.5: SVR reconstruction of neonatal synthesized data using slices from parallel 
orientation or orthogonal orientations 
 
(a)- (c) transverse, coronal and sagittal views of the gold standard neonatal image with added 
Gaussian noise (mean = 0, STD = 30) in-plane resolution is 1.0 mm×1.0 mm and slice 
thickness 2mm with -1mm Gap (i.e. H = 1mm). 
(d) - (f) corresponding views of a simulated motion corrupted dynamic loop: although the in-
plane view retains high resolution, the other two orientations are damaged.  
(g)-(i) corresponding views of reconstructed images using 4-loops of transverse slices (249 
slices in total) anatomic details are faithfully recovered in all three orientations. 
(j)-(l) and (m)-(o) are corresponding views of reconstructed image using 8-loops of transverse 
slices (490 slices in total) and 4-loops of transverse slices, 2-loops of coronal slices and 2-loops 
of sagittal slices (492 slices in total). 
(p-r) display signal differences between (a)–(c) and (g)-(i). The reconstruction achieved sharp 
edges in all three directions and they are almost identical to the gold standard. With 8-loops of 
slices the reconstruction result is better than just with 4-loops ((j)-(l)) while adding orthogonal 
slices achieves improvement at the very top of the brain ((m)-(o)). No obvious reconstruction 
difference (p-r) is observed in other parts of the brain where the registration is already 
accurate enough and the sampling is already sufficient even if only adopting slices from 
parallel orientation. 
 
 
We found that these results were robust to the SNR of the individual images and 
the noise in the reconstructed image was almost Gaussian as well. Adding noise to 
decrease the SNR from 11 to 6.7 had no detectable effect on registration accurate, 
as the t-test for significant differences in mean error 0 gave p > 0.0001 for all 
parameters, i.e., 3 rotations and 3 translations. This decline in SNR would 
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correspond to a decrease in slice thickness from 3.3mm to 2mm at constant in 
plane resolution. Provided the registration is correct the reconstructed SNR will 
then depend on the number of loops contributing. 
 
SVR reconstruction also preserved the original high resolution of the source slice 
data, while making the whole volume consistent in space as well as increasing the 
SNR. However, it is more difficult to measure edge sharpness in anatomy because 
of the complexity of the images and tissue combinations which results in edges of 
variable magnitude and sharpness. Two profiles at corresponding edges of both 
reconstructed volume and original slice are shown in figure 4.6 (j-k) allowing 
direct visual comparison. This qualitative test confirms that edge sharpness in 
anatomy is well preserved as well.  
 
It is perhaps surprising that the use of parallel acquired slices combined into a 3D 
volume after each stage results in the correct slice offsets as this is the direction 
with least well defined information. We tested the benefit of using orthogonally 
acquired slices both in simulation and with prospectively acquired data. In the 
simulations with slices extracted from the gold standard data, the effect of 
replacing transverse slices with nominally sagittal and coronal acquired slices 
reduced the registration errors to 0.054mm in translation and 0.17 degree in 
rotation and reduced the mean RMS error to 0.1728 mm(see table 4.4 and 4.5). 
Thus addition of data from orthogonally selected slices can halve the registration 
errors and is particularly useful for the slices at the top and bottom of the volume, 
which are not well handled when only parallel acquired slice data is available. 
Moreover, as those slices at the top and bottom part of the volume are very likely 
to appear as the non-edge information from orthogonal orientations, including 
orthogonal slices can increase the sampling in those areas and therefore lead to 
more faithful reconstruction. A reconstruction based on data from transverse, 
sagittal and coronal slices is shown in figure 4.5(m-o). When compared to 
reconstruction based on similar amount of data but from transverse only (figure 4.5 
(j-l)), improvement is found in the very top and bottom parts of the brain both 
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because of improved registration accuracy there and increased sampling there as 
well. There is no noticeable difference elsewhere as the registration accuracy and 
sampling are already sufficiently high (figure 4.5(q-r)). 
 
However, as will be detailed in section 4.6.1, for the 3T acquired data on adult 
brain we found that changing slice orientation resulted in differences in the data 
that introduced errors larger than the registration uncertainties. We interpret this 
result as evidence of slice distortion caused by changing interactions between the 
image encoding gradients and background susceptibility effects caused by the 
subject being in the scanner. In the adult brain data we collected we did not find 
this a significant problem at the lower field like 1.5T. We did not detect any slice 
distortion effects in the fetal data acquired, however since there is no motion free 
reference in this case we cannot rule this out. 
 
4.5.4 Fetal Examples 
All twenty fetal datasets were successfully reconstructed. Two examples are 
illustrated here to display reconstructed results with different acquired slice 
thickness and with only parallel slices or slices from all three orthogonal 
orientations. Figure 4.6 shows data from a fetus of 33 weeks gestation scanned 
using 4 dynamic loops of 60 ×  2.5mm slices (1.25mm slice separation) prescribed 
as nominally in the transverse orientation. Figure 4.7 shows data from a less mature 
fetus of 28 gestation weeks combining 4-loops of transverse, 2-loops of coronal 
and 2-loops of sagittal slices with slice thickness 2.5mm and 1.25mm slice 
separation. In these figures, the top row shows a single loop of the original fetal 
image data in a 3-plane view (transverse, coronal and sagittal). Although the native 
(transverse) plane is as expected, the other views reveal motion corruption. Simply 
combining all the acquired slices without correcting for fetal motion resulted in 
blurred images (second row in figure 4.6 - figure 4.7).  
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At the final stage of image registration, Data 1 (figure 4.6) uses 208 slices and 
Data2 (figure 4.7) uses 327 slices. In each case a 1.25 mm isotropic reconstruction 
of a 3D self-consistent volume with improved SNR and high contrast between 
cortical grey and white matter is produced. Details of cortical folding and small 
structures in the cerebella are well displayed in all three planes (third row in figure 
4.6- figure 4.7). Additionally, when compared to preterm born infants scanned at 
similar gestational age but at 3 Tesla (last row in figure 4.6 - figure 4.7), strong 
correlations in brain anatomy including cortical folding, deep white matter tracts 
and cerebellar structures can be found. 
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Figure 4.6: Result for a normal fetus of 33 week gestational age 
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(a)-(c) are acquired fetal MR transverse data viewed in Transverse, Coronal and Sagittal 
planes with 1.25mm×1.25mm in-plane resolution and 2.8mm TH.  
(d)-(f) are the corresponding views for averaged images from the full dynamic scan before 
motion correction.  
(g)-(i) are the corresponding views reconstructed to 1.25mm isotropic resolution image after 
registration.  
(j)-(k) are measured edge profiles of original acquired slice (marked as white line in (a)) and 
corresponding position at reconstructed image (marked as white line in (g)). 
(l)-(n)  are the corresponding views of a preterm neonate born at 28 weeks and scanned at 34 
week with 0.98×0.98mm in-plane resolution and 1 mm TH. 
 
 
Although the original 2D slices have poor SNR because of the thin slices used, the 
final reconstruction has an average of 4 slices from each loop contributing to each 
voxel, thus substantially improving the SNR. If 4-loops of transverse slices are 
used, the SNR in the reconstructed image is 87% higher than individual acquired 
slices and it is even 25% better than the conventional clinical scan with much 
thicker slice thickness of 4mm. By using 4-loops of transverse slices plus 2-loops 
of coronal and 2-loops of sagittal slices, the final reconstructed SNR is almost 2.5 
times that of the original slice data 
 
Since the transformation required to place every image slice into the correct 
position in the final 3D volume has been determined, we can calculate the distance 
from each reconstructed voxel location to the nearest actual data value and so can 
directly verify if the Nyquist criterion is satisfied. The result depends on the details 
of the motion of the fetus. In particular fetal motion can result in damaged data and 
we reject slices that are clearly motion corrupted. These can amount to between 
15% and 40% of the acquired slices depending on the severity of the motion 
However, as displayed in figure 4.8, using the current 22 datasets we find that if 
only one loop was used, only 65.15% ± 10% of voxels in the final reconstructed 
image have at least one sampled point within each cubic reconstructed voxel. The 
fully sampled fraction increases with increasing numbers of loops, reaching 94% ± 
3% for 4 loops and 98% ± 1% for the some of cases where we have up to 8 loops. 
Use of a hierarchical Bspline reconstruction ensures that reconstruction can always 
operate at the resolution supported by the local sample density. 
4.5 Results                           118                       
 
 
 
 
Figure 4.7: Result for a normal fetus of 28 week gestational age 
 
(a)-(c) are acquired fetal MR transverse data viewed in Transverse, Coronal and Sagittal 
planes with 1.25mm×1.25mm in-plane resolution and 2.5mm TH.  
(d)- (f) are the corresponding views for averaged images from the full dynamic scan before 
motion correction.  
(g)- (i) are the corresponding views reconstructed to 1.25mm isotropic resolution image after 
registering slices from 3 orthogonal orientations.  
(j)- (l) are the corresponding views of a preterm neonate born at 28 week and scanned at 30 
week with 0.98×0.98mm in-plane resolution and 1 mm TH. 
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Figure 4.8: Sampling ratio v.s. acquired loops of fetal data 
 
Illustrates the mean ratios and its corresponding standard deviation of voxels at final 
reconstructed volume that satisfy Nyquist criterion with increasing acquired loops of fetal 
data from only one loop to eight loops. Twenty-two fetal data sets that have 4-loop basic scans 
are included, and eleven of which have 4 extra loops of scans added. 
 
 
The motion parameters determined as part of the reconstruction provide a direct 
record of the trajectory of the fetal brain during the scanning period. As the 
dynamic scan is performed sequentially with the mother free-breathing and without 
any sedation, this may provide useful information about how the fetus behaved 
naturally during this period of time. Figure 4.9 illustrates the motion history of 
Data 2 as represented by displacements of the central location of the brain. The 
rapid abrupt fluctuations may be associated with maternal respiration. This is the 
basic motion pattern that we used to synthesize simulated motion corrupted images 
with preterm neonatal data for validating the method. 
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Figure 4.9: Fetal motion history of Figure 4.6 
 
Fetal motion history represented by X, Y and Z displacements in mm of a representative point 
in the fetal brain tracked every second. 
 
 
Surface rendering using MRICro3 was performed based on current eleven normal 
subjects to view the in-utero fetal cortical development as displayed in figure 5.10. 
It is obvious that in addition to the visible volume growth with GA, the cortical 
folding has also changed dramatically. Starting from GA 19 weeks plus 5 days and 
until GA 23 weeks, the superior cortex is very smooth. Later on, at GA 27 weeks, it 
starts to fold; then GA 33 weeks and 35 weeks, complicated gyri and sulci are 
gradually developed. These surface rendered examples serve to illustrate the extra 
information that is made available by SVR method.  
                                                 
3 http://www.sph.sc.edu/comd/rorden/mricro.htmlf 
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Figure 4.10: In-utero fetal cortical development between gestational age 19 weeks plus 5 days 
and 35 weeks 
 
The cortex was very smooth before 23 weeks, and then started to fold after 27 weeks; later on 
at 33 weeks and 35 weeks, complicated gyri and sulci were gradually developed. 
  
 
Furthermore, fetal face rendering was also performed based on SVR reconstruction 
using MRICro4. An exemplar of a 28 week GA fetus was shown in the top row of 
figure 4.11. All facial features are clearly visible, and it could be comparable with 
the face reconstruction via ordinary 3D ultrasound (bottom row, figure 4.11).   
                                                 
4 http://www.sph.sc.edu/comd/rorden/mricro.html 
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Figure 4.11: Face rendering of the fetus of 28 week GA 
 
Top row: Fetal face reconstruction using SVR reconstructed MR images. Facial features, e.g. 
eyes, noise, lips, forehead, ears, are clearly visible. This could be comparable with the face 
reconstruction via ordinary 3D ultrasound. 
 
Bottom row: Fetal face reconstruction using 3D ultrasound. Pictures taken from 
http://www.ob-ultrasound.net/joewoo3d.html  
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4.5.5 Adult Examples 
This method can also be applied to other brain studies in both children and adults, 
wherever motion is a problem. This has been first tried on an adult volunteer study 
in which the subject deliberately moved about once per second, including making 
head rotations of up to 15 degree as displayed in figure 4.12. For comparison, 
images were also acquired with the same protocol while the subject was still. 
Because of this intense motion, some slice images were found to be degraded by 
movement during the single shot itself. All the slices that were not corrupted by in-
plane motion were accurately registered and used for reconstructing a 1.0×1.0×1.4 
mm volume, which is almost identical to the motion free image with doubled SNR 
as displayed in figure 4.13. Thus even in this extreme case, the method is able to 
recover detailed artifact free images. 
 
 
 
 
Figure 4.12: Adult rotations learned by registration tracked at each second 
 
The volunteer indeed deliberately moved at almost every second and up to 15 degree in 
rotations; which maybe an extreme case for patients with involuntary motion. 
 
 
4.5 Results                           124                       
 
 
 
 
Figure 4.13: Results for Adult volunteer that deliberately moved during scanning 
 
(a)-(c) are acquired MR transverse data viewed in Transverse, Coronal and Sagittal planes 
with 1.0 mm×1.0 mm in-plane resolution and 2.8 mm TH.  
(d)- (f) are the corresponding views reconstructed to a 1.0×1.0×1.4 mm resolution image after 
registration.  
(g)- (i) are the corresponding views of the same volunteer scanned with the same protocol but 
stayed still.  Reduced coverage is realized because of limitation of scanning time. 
 
The reconstruction has successfully achieved 3D coherent volume with both high resolution 
and almost doubled SNR despite of totally motion corrupted input data. 
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4.5.6 Neonatal Examples 
A general application of SVR can be found in pediatric MR scanning including 
both neonates, who may move during natural sleep or sedation and young children 
who have difficulty staying still during scanning. By prescribing the slices as 
overlapped in their native planes, there is full sampling even if the subject does not 
move. If there is no motion during and scanning, and e.g., 4 loops of data are still 
acquired; then no registration is needed, but reconstruction can still improve the 
image quality by doubling the SNR. However, if the neonate does move as 
displayed in figure 4.14, this method can correct motion for each 2D slice and then 
achieve 3D coherent imaging with 1mm isotropic resolution and almost doubled 
SNR. The result compares well with the conventional multi-shot images acquired 
before the baby woke up. It is a high-fidelity reconstruction that is nearly identical 
when compared to actually required image when it was almost still (figure 4.15, 
bottom row). 
 
 
 
 
Figure 4.14: Neonatal rotations when he was unsettled in light sleep learned by registration 
tracked at each second 
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Figure 4.15: Results for a neonate of 43 week GA who was unsettled in light sleep and moving 
during the scanning 
 
He was scanned at 3T with the top-bottom direction as the slice select direction.  
(a) shows one loop of ssTSE dynamic scan when the neonates is moving.   
(b) shows the reconstruction with 4 loops of ssTSE dynamic scan that achieved both coherent 
imaging and improved SNR.  
(c) show an acquisition with a TSE sequence with subject being still. Although the subject was 
sedated, some motion artifacts that make structures slightly in-consistent are still visible as 
highlighted in the rectangle regions (basal ganglia, cerebella, and frontal cortex) in (i).  
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4.5.7 Direct Comparison between in-utero and ex-utero 
SVR creates a capability to observe the fetal brain in-utero using comparably high 
resolution and high contrast images as ex-utero MR imaging techniques do. This 
provides a new opportunity to study the developing human brain and will allow 
direct comparison between pre-term and post partum brains for the first time. 
 
 
 
Figure 4.16: Direct comparison of the in-utero and ex-utero brain development using images 
scanned with T2 weighted ssTSE sequence 
 
Top row is a normal fetus scanned at 31 weeks plus 2 days and reconstructed via SVR method 
with 1.25mm cubic resolution  
Bottom row is the same baby scanned 1 day after birth at 38 weeks plus 1 day via ordinary 
T2-W ssTSE sequence with 1.0mm cubic resolution 
 
During the final 7-week in-utero brain development, complicated gyri and sulci were 
gradually developed, and brain volume was increased as well.  
 
 
Figure 4.16’s top row shows the SVR reconstruction a normal fetus scanned at 31 
week plus 2 days while figure 4.16’s bottom row shows ordinary T2 weighted 
ssTSE scan of the same baby after birth at 38 week plus 1 day. It is obvious that the 
SVR reconstruction of the in-utero fetal brain images has comparable high 
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resolution and high SNR to identify the final 7 week in-utero fetal brain 
development as well as quantify it in details.     
 
4.6 Discussion and Conclusion 
We have described a novel methodology, SVR, for imaging moving subject at high 
resolution and high SNR by combining registered 2D slices from sequential 
dynamic single-shot scans. The SVR method requires that the anatomy in question 
is not changing shape or size and is moving at a rate that allows snapshot images to 
be acquired. It has been performed successfully on neonates, adults and especially 
on fetuses, for which no conventional high resolution 3D method is currently 
available. Fine structure of the in-utero fetal brain is clearly revealed for the first 
time and substantial SNR improvement is realized by having many individually 
acquired slices contribute to each voxel in the reconstructed image. Employing 
images obtained with the same protocol also guarantees the consistent pattern of 
contrast and intensity for all slices, thus no contrast correction is necessary.  
 
A striking feature of the method is that registration to a target 3D volume 
consisting of the compounded slices has been found to be robust and even though 
the native orientation of all slices is parallel, each slice can be correctly located to 
produce an appropriate 3D volume. Adding more information especially from 
orthogonal orientations can further improve reconstruction accuracy, but may also 
be compromised by differential slice distortion in images acquired in orthogonal 
planes, particularly at higher field strength.  
 
The price of the benefits offered by this technique is increased scan time to allow 
multiple loops to be acquired. In the case of fetal scanning, since no breath hold or 
sedation is required, this has been found to be easily tolerated by the subjects 
scanned so far. In fact, the total examination time can often be reduced in cases 
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where the fetus is very active because in such circumstances it is often necessary to 
attempt to scan desired planes repeatedly because changes in position means that 
the expected anatomy is not seen in the images obtained. The ability to acquire data 
with certainty that it will yield artifact free images allows a reduction in set up time 
and in repeated examinations that can in fact increase examination efficiency. For 
adult and pediatric subjects the method offers a capability to obtain high quality 
volume data even when the subject is unable to cooperate with the examination and 
may be moving by many millimeters or turning by many degrees during the 
acquisition period. Validation using both adult and neonate simulated data has been 
performed to verify that the results obtained are consistent with the known ground 
truth and the reconstruction is found to be faithful. 
 
4.6.1 Slice Bending at 1.5T and 3T 
Slice distortion is an obvious problem at 3T. Figure 4.17 displays the slice 
distortion, i.e. bending along slice select direction (top-bottom direction), when 
imaging a structured phantom with Multi slice T2 TSE protocol at 3T.  
 
 
    
Figure 4.17: Slice distortion (bending) with a structured phantom imaged at 3T (left) and 1.5T 
(right) using ssTSE T2 weighted sequence 
 
There is obvious slice bending along slice select direction, i.e., top-bottom direction here in the 
image acquired at 3T. Much less obvious slice bending is found in the image acquired at 1.5T. 
 
 
 
 
Because slice distortion z?  is proportional to RF magnetization change rfB? over 
RF excitation bandwidth rfBW  , i.e., /rf rfz B BW∝? ? . At lower field like 1.5T and 
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for similar SAR mode, rfBW is almost twice that at 3T while rfB? is only half as 
those of 3T. Therefore, the distortion z?  should be only 1/4 at 1.5T, and it is much 
less of a problem than that of 3T.  
 
Figure 4.18 shows the error of registering stacks acquired from sagittal orientation 
to the frame of stacks acquired from transverse orientation at both 3T and 1.5T. 
There is obvious shape difference coming from serious slice bending at 3T; while 
little difference is observed for those at 1.5T.  
 
 
 
Figure 4.18: Slice distortion when imaging an adult volunteer at 1.5T and 3T  
 
Slice distortion is illustrated as the differences between original acquired stacks from 
transverse orientation and transformed stacks acquired from sagittal orientation. 
(a)-(c) are differences viewed in Transverse, Coronal and Sagittal planes with 1.0mm×1.0mm 
in-plane resolution and 2 mm TH scanned using T2 weighted multi slice sequence at 3T.  
(d)-(f) are corresponding views with same resolution and TH scanned at 1.5T.  
Slice bending is much less of a problem at 1.5T and there is little difference after registering 
stacks from orthogonal orientations. 
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Therefore, at 1.5T, orthogonal slices could be used to reconstruct the same volume 
without involving noticeable error; however, only information from parallel 
orientation can be included at higher field like 3T. 
 
4.6.2 Slice Thickness Choice v.s. SNR Limit 
The registration process was found to be robust in the presence of noise, so that 
thinner higher resolution slice data can be used without loss of accuracy in the 
position estimation. In fact it seems that the limiting factors for slice thickness are 
that thinner slices imply more slices to achieve the same coverage and this makes 
the process slower and, even with signal compounding, the SNR of the final 
images may be too low to be acceptable. This is obviously highly application 
dependent. 
 
4.6.3 SVR Method v.s. Super-resolution Approach 
The other key feature of the SVR method is data interpolation to combine scattered 
data from realigned slices into a regular grid for the final reconstructed images. The 
data may contain samples that are spatially very close together, and because these 
may come from separately acquired slices, they are subject to uncorrelated noise. 
The interpolation method should thus provide just sufficient spatial frequency 
bandwidth to faithfully reconstruct at the acquired resolution, but should not have 
excessive bandwidth because this increases the noise in the final reconstruction. 
Many interpolators could be used. We chose a cubic B-spline approach because it 
is computationally efficient as a result of the limited region of support it requires. 
Simulations were used to determine the required control point spacing to achieve 
the desired matched resolution and noise performance. 
 
As described in section 4.1.1, Super-resolution approaches have been proposed to 
calculate high-resolution images from a set of spatially shifted, low-resolution 
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images. In this work we have adopted a simpler strategy. By matching the 
sampling density and associated slice thickness to the in plane Fourier resolution 
we have endeavored to create isotropically sampled data within the limits of the 
different point spread functions in plane and through plane. We combined these 
using an interpolation method designed to preserve spatial frequency content, so 
that the final 3D image data has approximately isotropic resolution combined with 
avoiding signal to noise ratio penalties that can occur when higher spatial 
frequencies are accentuated by post processing. 
 
4.6.4 Summary and Future Work 
The capability to observe the fetal brain in-utero using high resolution, high 
contrast images provides a new opportunity to study the developing human brain 
and will allow direct comparison between pre-term and post partum brains for the 
first time. This is likely not only to be a very valuable clinical tool, but it will also 
empower studies employing volumetric and morphometric approaches that may 
lead to new insights into the process of human brain development. It will also 
allow detailed comparison between fetuses and preterm neonates at the same 
gestational age imaged with the same sequences and processed in the same way. 
This may be an essential tool for further understanding the effects of prematurity 
on brain development. An example of the new information that is available is seen 
in the surface rendered images of the cortex shown in figure 4.10. 
 
Working in the image domain and relying on standard single-shot sequences with 
standard reconstructions make this method straightforward to implement and 
widely applicable to existing MRI facilities. This should allow the method to be 
easily adopted for use in cases where subject motion compromises conventional 
imaging or makes it impossible. Although extensive prost processing is involved 
and at present this is too slow to allow real time presentation of the final results, the 
native images produced by the snapshot sequence are available on the scanner 
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console so that an intermediate assessment can immediately be obtained by directly 
viewing the source data. As well as extensively testing the method with ssTSE T2 
weighted images, I extend it successfully to EPI sequence as will be detailed in 
Chapter 6. Other rapid sequences such as snapshot FLASH and balanced fast field 
echo, and other contrasts are likely to equally suitable. 
 
In addition to the structural information available from SVR images, the 
registration process also yields direct information about the motion history of the 
object of study. This could be useful for dynamic studies, such as for observing 
fetal motion. 
 
Semi-automated segmentation methods for extracting the fetal brain from the rest 
of the maternal images have been explored. We first roughly segment one loop of 
the fetal brain, typically the one that initially considered as the target, and then run 
a registration based segmentation to segment slices from the other loops. This will 
be interleaved with the current registration process allowing both registration and 
segmentation to be iteratively improved.  
 
In summary the SVR method provides a robust technique for imaging moving 
structures that behave as rigid bodies and so do not change size or shape. Brain 
imaging in uncooperative subjects is a clear application with fetal imaging as a 
particularly exciting exemplar. However, other applications including bone 
imaging are possible. It may also be feasible to extend the method to work with 
less constrained realignment strategies, such as to allow correction of slice 
distortion. An appealing feature of the method is that it can readily accommodate 
scenarios where there is differential change within the field of view. In these kinds 
of applications efficient segmentation methods will be required to avoid extensive 
manual intervention in what is otherwise a completely automatic process.  
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Chapter 5 
Extension of SVR Method to 
Correct Motion Artifacts from 
Multi-Slice Sequences 
5.1 Introduction 
This chapter details how to extend the SVR method (Jiang et al., 2007) to correct 
motion artifacts from conventional multi-slice sequences when the subject drifts in 
position during data acquisition. (Jiang et al., 2006)  
 
There are generally two approaches to acquire images over a 3D volume. One is 
the true 3D imaging sequences, e.g., MPRAGE, which phase encode along the 
slice select direction as well to collect data in 3D k-space. Advantages of these 
techniques include achieving both short TE and the high spatial resolution in the 
slice select direction that can allow true isotropic high resolution in all three 
orientations. Moreover, the SNR can be enhanced even for thin slices. As denoted 
in equation 5.1, the SNR in 3D imaging is proportional to slice thickness (voxelsize 
in slice select direction: z? ) multiplied by the square root of the number of slices 
(number of phase encoding step in the slice select direction: zN ).  
3 /D x y z x y zSNR voxel x y z N N N t x y z L L L t∝ ∝ ×? ? ? ? ? ? ? ?         Equation 5.1 
 
where xL , yL , zL are FoV, x? , y? , z? are voxelsize and xN , yN , zN  are number of 
encoding steps in all three orientations. 
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The multi-slice 2D approach for the coverage of a 3D volume of interest is 
accomplished by the application of a number of RF pulses within a single repeat 
time. Each RF pulse is centered at a different frequency and excite a different slice 
(Haacke et al., 1999). To avoid problems of slice cross talk, the multiple slices can 
be divided into interleaved stacks, and in fact this is often done anyway to allow 
more flexible choice of TR when a large number of slices is specified. While all 
three orientations can be reconstructed from a 3D data set consisting of multiple 
slice excitations, the resulting image quality may suffer if the resolution in each 
direction is not the same as normally happens when the slice thickness is larger 
than the in-plane resolution.   
 
However, the multi-slice 2D sequences can provide more flexibility than current 
3D sequences. For instance, dual echo multi-slice 2D sequences, which provide 
two different contrast types from one acquisition are routinely used in clinical 
practice. While 3D imaging sequences are generally used for T1 weighted contrast 
which requires short TR to limit the total scanning time they are only now being 
extended to allow T2 weighted contrast.  
 
A common problem with multi-stack acquisitions occurs when the subject drifts in 
position during the acquisition. This can result in images that are relatively free 
from motion artefacts, but nonetheless do not quite align with one another to 
produce a self consistent volume. The SVR method can adapted to a more general 
case allowing self consistent volume data to be obtained in other brain studies 
which would otherwise fail. 
 
If there is severe motion, e.g., when scanning fetal and unsedated neonatal or 
pediatric patients, single-shot sequence is performed during acquisition followed 
by SVR correction as described in Chapter 4; otherwise for almost stationary cases, 
multi-slice sequences that can achieve better SNR can be performed followed by 
the extended SVR correction below. 
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5.2 Methodology 
5.2.1 Acquisition Details 
For ex-utero scanning, including neonatal, pediatric and adult scanning, three multi 
slice sequence variations with either T2 weighted or dual echo achieving both T2 
and Proton Density weighted imaging were set up on a 3.0 T Philips Achieva 
scanner (Best, The Netherlands) using an 8 channel SENSE head coil and SENSE 
factor 2 as follows: 
 
a) for neonatal cases, the sequence uses image matrix of 220×176, field of view of 
220×176 mm (acquired resolution 1mm×1 mm), slice thickness 2 mm with -1mm 
gap (overlapping slices), TE 160 ms. The TSE factor is 16 and 2-4 packages are 
used depending on the total number of slices and TR is set to be minimum as well. 
For 90 slices, 2 packages are used and the TR is 9700 ms and thus the total 
scanning time is 7 minutes 26 seconds. (row 1, table 5.1) 
 
b) for pediatric cases, the sequence uses image matrix of 220×176, field of view of 
220×176 mm (acquired resolution 1mm×1 mm), slice thickness 2 mm with -1mm 
gap (overlapping slices). Brain T2 is decreasing with increasing maturity, and so 
TE is set to be 120 ms. The TSE factor is 16 and 2-4 packages are used depending 
on the total number of slices and TR is set to be minimum as well. For 100 slices, 4 
packages are used and the TR is 3993 ms and thus the total scanning time is 6 
minutes 7 seconds. (row 2, table 5.1) 
 
c) for adult cases, the T2 weighted sequence uses image matrix of 192×144, field 
of view of 240×184 mm (acquired resolution 1.25mm×1.25 mm), slice thickness 
2.5 mm with -1.25mm gap (overlapping slices), TE 100 ms. The TSE factor is 16 
and 4 packages are used for 130 slices. TR is set to be minimum 5728 ms and thus 
the total scanning time is 7 minutes 15 seconds. (row 3, table 5.1) 
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Table 5.1: Sequence parameters for multi-slice structural brain MR imaging used for SVR reconstruction 
 
There are 3 main sequences used in my study for multi-slice SVR volumetric reconstruction under motion that are performed using Philips 3.0T 
Achieva system at Hammersmith Hospital, London, UK. 
 
The SENSE factor for all 3 protocols is 2.0. 
 
1) Multi echo (slice) TSE T2 weighted sequence for ex-utero neonatal scanning at 3.0T. It is a multi-shot sequence with thinner slice thickness and slice 
overlapping. This is aiming for isotropic volume reconstruction that detailed in section 5.2.1. 
 
2) Multi echo (slice) TSE T2 weighted sequence for pediatric patients who are above 2 years old scanning at 3.0T. It is a multi-shot sequence with 
thinner slice thickness and slice overlapping. This is aiming for isotropic volume reconstruction that detailed in section 5.2.1.  
 
3) Multi echo (slice) TSE T2 weighted sequence for adult scanning at 3.0T. It is a multi-shot sequence with thinner slice thickness and slice 
overlapping. This is aiming for isotropic volume reconstruction that detailed in section 5.2.1. 
 
 
Sequence Name FoV (mm) 
TH/gap 
(mm) Matrix 
TSE 
Factor 
No. of 
Package 
TR 
(ms) 
TE 
(ms) 
Flip 
Angle 
(d) 
No. of 
slices 
Times 
(s) 
Multi TSE T2 for  
Neonate(3T) 220× 176 2.0 / -1.0 220× 176 16 2 9700 160 90 90 446 
Multi TSE T2 for  
Pediatric (2 years+,3T)  220× 176 2.0 / -1.0 220× 176 16 2 3993 120 90 100 367 
Multi TSE T2 for  
Adult (3T) 232× 184 
2.5 / -
1.25 192× 144 16 2 5728 100 90 130 435 
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The slice order is set to be interleaved as described in section 4.4.1. 
 
The T2 weighted dual echo sequence employs the same main parameters, except 
for setting the echo number as 2 and the first echo time that targets proton density 
weighted imaging to be minimum 8 ms. 
 
5.2.2 Subjects 
This method has been tested on 11 neonatal subjects with multi slice T2 sequence 
as well as 6 adult data from the IXI cohort of normal volunteers (www.ixi.org.uk) 
with a dual echo sequence. Motion artifacts like spatial inconsistency in the 
through slice direction and aliasing were quite obvious in the original acquired 
image.  
 
For ex-utero scans, segmenting the brain from non-brain tissue is not needed, 
therefore, this is a fully automatic process.  
 
5.2.3 Registration and Reconstruction Algorithm 
The multi-slice data was separated into N separately acquired packages containing 
spatially separated 2D slices and each package was treated as an independent set of 
samples of the same rigid body object. One package that is most consistent and has 
least motion artifact is selected as the target for co-registering each package 
together at first. All the gap slices in each package are interpolated using cubic B-
spline interpolation, thus making N synthesized volumes of the subject imaged 
under different spatial orientations. 
 
Volume-to-volume rigid body registration using gradient decent  (William, 1992) 
as the optimization method was implemented here to co-register these synthetic 
volumes. Then, these packages of interleaved slices but not these synthetic volume 
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were then reconstructed together into a single volume using a scattered data 
interpolation algorithm based on multilevel b-spline interpolation as described in 
section 4.4.4 with control point spacing in the through slice direction set to equal 
the slice gap in a single package. This results in a mean brain volume image that 
can be used as a registration target for each package.  
 
Thereafter, each package was registered to the updated target from the previous 
stage and a new target reconstructed by the same means until converging to self 
consistency, i.e., the cost function of cross correlation is no less than 0.95, which 
will allow reaching excellent spatial consistent while make the entire process 
efficient. In all cases final reconstruction uses control points spaced at half the 
acquired resolution both in plane and through slice as this has been found to 
provide an effective balance of resolution and signal to noise ratio as detailed in 
section 4.5.2. Detailed procedures about the iterative registration and combination 
algorithm are shown in table 5.2’s flowchart.  
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Table 5.2: Flowchart of registration and reconstruction algorithm 
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5.3 Results 
5.3.1 Neonatal Examples 
This method has been tested on 11 neonatal subjects with multi slice T2 sequence 
as illustrated in section 5.2.1. All resulted in successful reconstructions with a very 
low level of motion artifacts according to visual check. 
 
Figure 5.1 and figure 5.2 show the extended SVR correction of two neonates 
scanned at 38 weeks plus one day and 32 weeks plus one day respectively. There 
was noticeable motion during scanning that resulted in spatial inconsistency 
between each of the packages. The entire volume was separated into 3 packages, 
each package was acquired while the subject stayed at certain position as displayed 
in figure 5.1 (a) and figure 5.2 (a). After the correction, the volume data was made 
consistent as well as preserving close to the original high resolution as shown in 
figure 5.1 (b) and figure 5.2 (b). Convergence is achieved in 2-3 interactions.  
 
If there are slight motion artifacts, i.e., aliasing, in a single package as indicated by 
the red arrows in figure 5.2 (a), these get suppressed by the reconstruction process 
which mixes data from adjacent packages, leading to lower levels of artifact in the 
final images as shown in figure 5.2 (b). 
 
Since the data is not quite regularly sampled in the slice direction after motion 
correction, there is a risk of slight under-sampling in this direction particularly in 
the case that only one set of data was acquired as indicated by white arrow in figure 
5.2 (c). However, the precise sample point spacing is known from the registration 
process, so a map of actual sample density and local resolution can be produced to 
reveal any locations of data sparseness as displayed in figure 5.1 (c-d) and figure 
5.2 (c-d). The hierarchical b-spline reconstruction used ensures the final 
reconstruction only presents information at a resolution consistent with the local 
sampling density. 
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Figure 5.1: Correction example of T2 Weighted multi slice imaging of a neonate 
 
The infant was born at GA of 27 week plus 6 days and scanned at GA of 38 week plus 1 day at 
3T. 
 
(a) the original multi slice images scanned in the transverse orientation with the top-bottom 
direction as the slice-select direction. Obvious motion occurred while he moved during 
scanning, this caused inconsistency in the through slice direction 
(b) corresponding corrected image showing improvement in consistency. 
(c) corresponding sampling density at final reconstructed voxel size of 1mm cubic. There were 
some positions as represented by the lowest grey level in the through slice direction that were 
under-sampled, i.e., sampling density = 0 within local voxels. Neighboring positions were over-
sampled, i.e., sampling density = 2 within local voxels. 
(d) corresponding local resolution at final reconstructed voxel size of 1mm cubic. The lower 
the intensity, the higher the local resolution. 
 
 
(a)
(b)
(c)
1 
0 
1 1
1 1
1 
2  
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Figure 5.2: Correction example of T2 Weighted multi slice imaging of a neonate 
 
The infant was born at GA of 30 week and scanned at GA of 32 week plus 1 day at 3T. 
 
(a) the original multi slice images scanned in the transverse orientation with the top-bottom 
direction as the slice-select direction. Obvious motion occurred while she moved during 
scanning, this caused not only inconsistency in the through slice direction but aliasing as 
indicated by red arrows. 
(b) corresponding corrected image showing improvement in consistency. Moreover, aliasing 
had been removed as well. 
(c) corresponding sampling density at final reconstructed voxel size of 1mm cubic. There were 
some positions as represented by the lowest grey level in the through slice direction that were 
under-sampled, i.e., sampling density = 0 within local voxels. Neighboring positions were over-
sampled, i.e., sampling density = 2 within local voxels. 
(d) corresponding local resolution at final reconstructed voxel size of 1mm cubic. The lower 
the intensity, the higher the local resolution. 
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5.3.2 Adult Examples 
The extended SVR method has been tested on 6 adult datasets from the IXI cohort 
of normal volunteers (www.ixi.org.uk) with a dual echo sequence. All of them 
have been successfully reconstructed with very low level of motion artifact 
according to visual check.  
 
Examples of both T2 weighted and proton density weighted images from the dual 
echo sequence are shown in figure 5.3 and figure 5.4. As described in section 5.4.1, 
there is a risk of slight under-sampling in certain locations of the anatomy as shown 
in figure 5.3 (c-d) and figure 5.4 (c-d). This is less severe a problem for adult scans 
than for neonates, because majority of them although not sedated can manage to 
stay still during scanning. 
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Figure 5.3: Correction example of T2 Weighted multi slice imaging of a normal adult 
 
 
 
1
0
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He was scanned at 3T with the top-bottom direction as the slice select direction. 
 
(a) displayed the original multi slice imaging scanned from transverse orientation with the 
top-bottom direction as the slice-select direction. Obvious motion occurs while he moved 
during scanning 
(b) displayed corresponding corrected image that show excellent improvement in consistence. 
(c) displayed corresponding sampling density at final reconstructed voxelsize: 1.25 mm cubic. 
There were some positions as pointed by the write arrow in the through slice direction that 
were under-sampled, i.e., sampling density = 0 at corresponding voxel. In the mean while, 
their neighbor positions were over-sampled, i.e., sampling density = 2 at corresponding voxel.  
(d) corresponding local resolution at final reconstructed voxel size of 1mm cubic. The lower 
the intensity, the higher the local resolution. 
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Figure 5.4: Correction example of Proton Density weighted imaging acquired with dual echo 
multi slice sequence of a normal adult 
(a) 
(b) 
(c) 
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She was scanned at 3T with the top-bottom direction as the slice select direction. 
 
(a) displayed the original multi slice imaging scanned from transverse orientation with the 
top-bottom direction as the slice-select direction. Obvious motion occurs while she moved 
during scanning 
(b) displayed corresponding corrected image that show excellent improvement in consistence. 
(c) displayed corresponding sampling density at final reconstructed voxelsize: 1.25 mm cubic. 
There were some positions as represented by the lowest grey level in the through slice 
direction that were under-sampled, i.e., sampling density = 0 at corresponding voxel. In the 
mean while, their neighbor positions were over-sampled, i.e., sampling density = 2 at 
corresponding voxel. 
(d) corresponding local resolution at final reconstructed voxel size of 1mm cubic. The lower 
the intensity, the higher the local resolution. 
 
 
5.4 Discussion and Conclusion 
This chapter has provided evidence of how the SVR technique can be used with 
more conventional multi-shot, multi-slice sequences to produce self consistent 
volumes with substantial flexibility in the contrast of the images. The method 
requires overlapping slices to be specified, and this leads to acquisition of the 
images in interleaved sub-packages. Thus the required number of slices is 
increased to achieve the same spatial coverage, total acquisition time is divided 
into self-contained segments as each package is acquired. A typical failure mode of 
such acquisitions is caused by slight drifts in patient positioning during scanning. 
This may not produce overt motion artifacts in the individual slices, but it often 
results in spatial inconsistency that damages the final volume of data produced. 
The SVR method can readily be used to correct this and since the final 
reconstruction mixes data from adjacent slices, which are acquired in different sub-
packages, it can also help to average out slight motion artifacts. 
 
It is almost inevitable that under-sampling will happen in the correction of images 
scanned with multi-slice sequence if only one set of data is acquired. This is 
because when the subject shifts beyond one voxel size away, there will be part of 
the anatomy has never been sampled while some other parts will be sampled more 
than once. An obvious remedy for this possible under sampling problem is 
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repeatedly acquired the entire anatomy in the presence of motion, however if 
motion is severe it is also likely to damage the data quality, so that a single shot 
method may be preferred. 
     
There is a cost in terms of scanning efficiency in achieving overlapping slice 
images because the number of slices required is increased and set of imagers may 
take several minutes to acquire. In some circumstances it may be helpful to use 
single shot methods as described in chapter 4 as these can be very efficient. By 
combining data from multiple loops, significant SNR improvement can be 
achieved. Thus, if 4 loops of single-shot images can be acquired in the same 
amount of time as 1 set of multi-slice image, after SVR reconstruction, double 
SNR improvement will be realized. This will make the final SNR from single-shot 
scan as good as or even better than that from multi-slice scan. 
 
The SVR concept allows robust 3D brain imaging in the face of both mild and 
severe subject motion. The imaging strategy can be chosen to suit the subject and 
since multi slice sequences are used, there is flexibility in contrast. Further work is 
under way to evaluate its radiological performance compared to conventional 
scanning, especially with the true 3D imaging sequences.  
Chapter 6 Diffusion Tensor Imaging of Moving Brains                           150
                                
 
Chapter 6 
Diffusion Tensor Imaging of 
Moving Brains 
6.1 Introduction 
This chapter detailed how to extend the SVR technique to diffusion tensor imaging 
(DTI) of the moving brains, especially the in-utero fetal brain (Jiang et al., 2007a). To 
achieve high resolution in all three dimensions for both non-diffusion and diffusion 
weighted images of the fetal brain we have developed a complementary approach that 
uses dynamic EPI scanning without/with added diffusion gradient to sample the spatial 
region containing the brain with multiple overlapping slices. Repeated sampling of 
slice planes makes it highly probable that every part of the fetal brain is sampled on a 
set of images that contain both non-diffusion images and diffusion weighted images 
from at least 6 independent diffusion gradient directions even when there is significant 
motion. Image registration is then used to retrospectively align the images obtained 
based on the assumption that they represent a single rigid body undergoing an 
unknown motion. Having determined the correct location of each image in a self 
consistent anatomical space of the fetal brain, a 3D b=0 volume is first reconstructed 
using the scattered data interpolation method described in the SVR method (Jiang et al., 
2007b). Then, we regard the measured voxel intensities from all the diffusion weighted 
slices as valid samples at known although irregularly spaced locations and under 
known diffusion gradient direction, and use the Least SQuares Regression (LSQR) 
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method (Paige and Saunders, 1982) to reconstruct an optimal estimate of the 3× 3 
symmetrical 
diffusion tensor matrix for every voxel of the 3D fetal brain on a regular Cartesian 
voxel lattice.  
 
Although inspired by fetal scanning it has wide application to perform diffusing 
tensor imaging on moving objects that can be assumed to have a constant shape, 
particularly when there may be other objects in the field of view that undergo 
differential motion and/or changes in shape. We have therefore tested the method 
in the general context of imaging the brains of subjects who cannot remain 
sufficiently still for conventional DTI examinations.  
 
6.2 Assumption 
Following our previous method of acquiring T2 weighted anatomical data, we will 
also restrict the discussion to structures that can be treated as rigid bodies, changing 
position and orientation during the examination, but not changing in shape, size or 
signal properties. The scenario of interest involves motion that is fast enough to 
preclude conventional high resolution EPI that covers the entire fetal brain, but 
slow enough to produce individual high quality 2D images both with and without 
diffusion gradient. In practice, as shown in figure 6.1 (a), a fraction of the diffusion 
weighted slice data is frequently damaged because the diffusion weighted imaging 
is extremely sensitive to even mild motion. Therefore, this must also be 
accommodated. 
 
We now take the fetal brain as an exemplar to illustrate the methodology. As 
displayed in figure 6.1, the fetal brain is a rigid body and each acquired 2D 
diffusion weighted slices is an accurate sample of the anatomy being imaged, 
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although successive slices do not form a consistent representation. Note that the 
surrounding tissues of the mother’s abdomen are also changing non-rigidly in a 
way that is not necessarily correlated with the fetal motion. Working in the image 
domain it is possible to segment the anatomy of interest and separate it from the 
rest of the field of view. 
 
 
 
Figure 6.1: Motion corrupted 3D fetal brain diffusion weighted images 
 
If the fetus moved during scanning, this caused inconsistency in space-the transverse view (a) 
retains its high resolution appearance, but coronal (b) and sagittal (c) views are corrupted by 
motion. Moreover, many slices (dark lines in (b) and (c)) will be corrupted by in-plane motion 
because diffusion weighted imaging is extremely sensitive to even mild motion 
  
 
6.3 Methodology 
The acquired slices consist of voxels which have a measured intensity I(X,Y,Z) at 
prescribed positions in the scanner frame of reference, Ω0(X,Y,Z). We now adopt a 
3D Cartesian coordinate system Ω(x,y,z) fixed relative to the anatomy of interest. 
This coordinate frame is moving relative to the scanner coordinate frame. The 
acquired voxel data are legitimate samples in Ω, but at unknown locations (x,y,z). 
Because of the motion, the samples I(x,y,z) are irregularly spaced in Ω. Provided 
(a) (b)
(d)
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their locations can be determined and the samples are sufficiently dense throughout 
the region of interest in Ω, data interpolation can be used to generate a full 
representation on a regular Cartesian lattice (i,j,k) in Ω. This much was also 
required for SVR of anatomical images. In the case of DTI data, the individual 
diffusion weighted slices have different contrast both relative to the b=0 images 
and to each other because of the effects of varying the direction of sensitization on 
anisotropic tissues such as white matter tracts. This places requirements on the 
registration algorithm used to find the correct slice locations in Ω0. In addition the 
correct sensitization direction for each acquired slice must be maintained once it is 
correctly placed in the anatomical space. 
 
Successful reconstruction of a 3D representation that can then be reformatted into 
any desired plane thus has 3 requirements: 
 
1) Sufficient samples in Ω to allow full representations of the structure that 
contains at least 6 independent diffusion directions as well as a non-
diffusion (b=0). 
2) Determination of the mapping from Ω0(X,Y,Z) to Ω(x,y,z) for each 
sample. 
3) Reconstruction of the diffusion tensor matrix D on a regular sampled 3D 
space given the scattered, irregularly spaced samples I(x,y,z) that are each 
associated with an appropriately oriented diffusion gradient direction. 
 
6.3.1 Achieving the Required Sample Density 
As detailed in section 4.3.1, ideally, to achieve isotropical 3D PSF in both in-plane 
and through slice direction, the slice separation H should be set as 0.6L and the 
slice thickness is 2H, where L is the acquired in-plane resolution. However, thin 
slice thickness will result in low SNR especially when the diffusion sensitization 
gradient is on. On balance, in what follows we generally set H = 0.75L-L 
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depending on the maturity of fetal brain. The less mature the fetal brain is, the 
thinner the slice thickness is set.  
 
Although only 6 independent diffusion directions are required to reconstruct the 
symmetric diffusion tensor matrix D, it is well known that using more non-
collinear diffusion directions increases the accuracy of diffusion tensor fitting 
(Basser et al., 1994). Moreover, as suggested by (Chang et al., 2005), increasing 
diffusion gradient directions will lead to more robust tensor fitting than using the 
minimum 6 diffusion gradient directions only while repeating the whole set of 
acquisition several times. Therefore, 15 diffusion directions is adopted in this 
scheme.   
 
In the proposed application the brain to be imaged may move between individual 
slice acquisitions. This causes uneven slice samples when viewed in the anatomical 
reference frame ( Ω ) and is likely to result in violation of the Nyquist sampling 
criterion at some locations. To avoid this problem the target volume in Ω0 is 
repeatedly imaged by simply looping through all slice positions so that in the 
absence of motion each location under different diffusion gradients is sampled 
multiple times. We refer to each complete set of slices spanning Ω0 for the entire 
set of diffusion weighted images under different diffusion gradient direction plus 
one non diffusion weighted image as a loop. The number of loops required depends 
on the motion. In these experiments we used 3-4 loops each with 15 non-linear 
diffusion directions subject to the acceptability of the patients. 
 
6.3.2 Determination of the Mapping from Ω0(X,Y,Z) to 
Ω(x,y,z) for Each Sample 
A self consistent 3D b=0 image V0 is first reconstructed using method described in 
(Jiang et al., 2006). Then, motion correction to determine the transformation from 
laboratory coordinates Ω0(X,Y,Z) to anatomy coordinates Ω(x,y,z) for each 
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diffusion weighted slice is performed by registering each loop to the b=0 volume in 
a multi-time scale hierarchical way as detailed in section 4.4.3 with normalized 
mutual information (NMI) as the cost function. This is because the intensity on the 
diffusion weighted images do not have linear relation to the corresponding position 
from the non-diffusion B0 images as described later in equation 6.1. 
6.3.3 Reconstruction of the Diffusion Tensor Matrix in 
Anatomical Space on a Regular Grid 
Using an anatomic coordinate system fixed relative to the reconstructed b=0 image 
volume V0, and given acquired diffusion sensitization direction g, rotation matrix 
R with respect to V0, and the corresponding non-diffusion intensity 0I  in V0 
determined via cubic Bspline interpolation, the diffusion intensity I can be 
determined by: 
0 0*exp( ' ) *exp( '( ' ) )Lab AnaI I bg D g I bg R D R g= − = −            Equation 6.1 
 
LabD  and AnaD are the diffusion tensor matrix in laboratory and anatomic 
coordinate respectively. We can further determine a normalized logarithm value s 
using equation 6.2 to prepare for later linear tensor fitting. 
0log( / ) / '( ' )Anas I I b g R D R g= − =                        Equation 6.2 
 
Once aligned, we treat the data set s as a whole as irregularly sampled with each 
voxel associated with an appropriately rotated diffusion direction, and use all the 
data to estimate the diffusion tensor D on a regular grid. For each scattered 
point scatters , we can use equation 6.3 to define its value, where the iβ  are spatial 
coefficients associated with the diffusion tensor matrix , ,Ana regular iD on the regular 
grids. ,Ana scatterD is the diffusion tensor matrix associated with scatters in anatomical 
coordinates.                                              
; ; ,1'( ' ) '( ' )
N
scatter Ana scatter i Ana regular iis g R D R g g R D R gβ== = ∑            Equation 6.3 
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We can then reconstruct the scattered diffusion tensor to a regular grid by solving a 
huge matrix equation, equation 6.4,  
      * ( , , , , , )*[ ; ; ; ; ; ]scatter R G S S S S S S xx yy zz xy xz yzS M M diag M M M M M M D D D D D D=  
                          Equation 6.4 
Where scatterS is a vector containing all the scattered points, RM is a matrix 
specifying rotations R, GM contains the diffusion gradient directions and SM is a 
spatial interpolation matrix. They are all sparse. xxD - yzD are 6 independent 
parameters of the diffusion tensor. These matrices contain a list of all the diffusion 
tensor coefficients relevant to each specific location of the regular Cartesian data. 
We use the Sparse Equations and Least SQuares Regression (LSQR) method 
(Paige and Saunders, 1982) to solve for sparse matrix xxD - yzD , and then calculate 
its eigenvalues to determine corresponding ADC and FA values. Nearest Neighbor 
interpolation is used here to estimate the spatial coefficient iβ  given dense 
sampling. 
 
The 3×3 symmetric diffusion tensor matrix D should be positive definite, i.e., all 
the three eigenvalues should be strictly positive. A further refinement using 
constrained minimization is performed to guarantee the diffusion matrix is positive 
definite. This is achieved by reformatting the diffusion matrix with 3 eigenvalues 
together with 3 rotations to define its principle eigenvector, and then performing a 
second least squares fit while constraining all eigenvalues to be positive. 
 
6.3.4 Subjects and Scanning Protocols 
Fetal brain images were acquired on a 1.5 T Philips Achieva scanner (Best, The 
Netherlands) using a 5 channel torso array with a spin echo echo planar diffusion 
tensor sequence. Image matrix of 150×150, field of view of 300 mm (acquired 
resolution 2mm×2 mm) and slice thickness 3 to 4 mm with half slice thickness, i.e., 
-1.5 to -2mm gap were used depending on the maturity of the fetus. 72 slices are 
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used to cover the entire region of fetal brain. Slices were acquired in 2 packages 
and within each packages starting at one extreme end in an interleaved order, i.e., 
1,5,9,……,3.….., 2,6,10,……,4,….. to avoid slice cross-talk by ensuring that for 
each slice the previously excited closest slices were separated by 4H and 
sequentially acquired.  
 
The 1T  of the fetal CSF, which has the longest value, at 1.5T is assumed to be 
similar to the adult value (i.e. ~4s), therefore, repeat time RT  is set to be 3×4=12 
second to allow signals from all brain tissues to fully recover. Although less 
efficient because of the long RT , our experiment shows shorter RT  than that will 
have residual spin history effect, i.e. there is intensity modulation between adjacent 
slices that belongs to different packages. Beside, Longer RT  will also improve the 
SNR, which is especially beneficial for in-utero fetal DTI. The echo time ET  
should set to be minimum possible values, i.e., 63 second here given b-value 500 
s/mm2, to increase SNR. Moreover, minimum ET  will also leave minimum time for 
possible motion, thus reduce the chance of motion artifacts. The mother was free 
breathing during scanning and no sedation was used. Although parallel imaging 
methods (e.g. SENSE (Pruessmann et al., 1999)) can be a powerful addition to 
many EPI based studies, we found that changes in maternal position during free 
breathing fetal examinations frequently resulted in reconstruction artifacts caused 
by a mismatch between changed coil position and the previously acquired 
reference data. In this study parallel imaging was not applied. The EPI factor was 
149. Typical scanning time was 7 minutes for 15 diffusion directions. In addition 
test data was obtained from the brain in adult volunteers who either lay still or 
deliberately moved their head with a 6-channel SENSE head coil at 1.5T. All these 
studies were approved by Hammersmith Hospital Ethics Committee. 
 
Eight fetuses were examined with gestational age between 24 and 34 weeks. 2 were 
diagnosed from ultrasound and conventional fetal MRI as normal while 2 had mild 
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venricular dilation, 2 had agenesis of the corpus callosum, 1 had mild unilateral 
ventricular dilation and 1 had destructive process possibly caused by a virus.  
 
The fetal brain images were pre-processed to isolate the region containing the head 
from the womb using a Semi-automated segmentation method. We first segment 
one loop of the fetal brain by roughly tracing the edge of the head manually to 
exclude maternal tissues. For a fetal data set consisting of 72 slices, the whole 
process takes around 20 minutes using ImageJ. The fetal brain is then extracted 
from all the other images using a registration based segmentation. This 
segmentation is later refined by interleaving it with the registration process used to 
determine slice alignment, allowing both registration and segmentation to be 
iteratively improved. All slices were inspected and the slices that were corrupted 
by in-plane motion (e.g., figure 6.1 (b)) were excluded before registration and 
reconstruction.  
 
A high resolution anatomical volume acquired with T2-W single short Turbo Spin 
Echo (ssTSE) dynamic sequence as described in SVR was also reconstructed for 
comparison. They have 1.25mm × 1.25mm in-plane resolution, 2.5mm slice 
thickness and -1.25mm slice gap, with TE = 100ms, TR = 15000ms and SENSE 
factor 2 as listed in table 4.1, row 1. 
 
6.3.5 Test data for Registration and Reconstruction 
Accuracy 
Images of adult brains acquired with spin echo EPI were used to test the accuracy 
of slice-to-volume registration for diffusion data and the subsequent reconstruction. 
Two datasets have been acquired using the same diffusion tensor imaging protocol 
at 1.5 T but with a SENSE head coil. In one examination the subject remained as 
still as possible and 4 different complete sets of DTI data with 15 non-collinear 
directions were acquired in a transverse orientation. To simulate a similar 
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resolution relative to subject size as for the fetal protocol, the in-plane resolution 
was set to 3mm × 3mm, slice thickness 3.6 mm and -1.8mm slice gap. Moreover, 
SENSE was not used and TR was 8 seconds while TE was 55ms which was the 
minimum for a b value 500 s/mm2. Each image set was angulated away from a 
standard transverse orientation by varying amounts up to 30 degrees to simulate the 
effects of variations in head position that would be caused by motion. One b=0 
stack out of these 4 was chosen as the target volume. Every fourth slice from the 
other stacks including both b = 0 and diffusion weighted images with different 
diffusion gradient directions, i.e., 819 slices from 63 stacks in total, was extracted 
and treated in isolation, providing equally spaced example slices that covered the 
majority of the brain. Each of the individual slices was registered to the target 
volume using slice-to-volume registration.   
 
In a second set of experiments an adult volunteer deliberately moved about once 
per second, including making head rotations up to 30 degree. 4 loops of 15 
direction DTI data were acquired. The protocol was identical to that used in the 
previous test. For comparison, images were also acquired with the same protocol 
while the subject was still. Because of this intense motion and the high sensitivity 
to even small amount of motion of diffusion weighted imaging, some slice images 
were found to be degraded by movement during the EPI acquisition itself. All the 
slices that were not corrupted by in-plane motion were registered and reconstructed. 
The results were then compared to the gold standard (volunteer stationary) data to 
validate the method.  
 
Registration accuracy for the adult data was assessed by visual comparison of the 
anatomy in the slices and the aligned volumes and directly compared with the gold 
standard volume-to-volume registration. For the moving DTI data, reconstruction 
fidelity was assessed visually using difference images and by calculating the mean 
absolute difference and its standard deviation (STD) between the gold standard and 
the reconstruction for b=0 volume, ADC and FA values. Moreover, Region of 
Interest (ROI) measurement on both ADC and FA values are also performed. 
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6.4 Results 
6.4.1 Slice-to-Volume Registration Accuracy 
The slice-to-volume registration algorithm correctly placed randomly selected 
slices into corresponding 3D volumes in all cases tested even when given no initial 
guess, although, a reasonable starting point allows use of a smaller search range, 
dramatically accelerating the optimization process. 819 slices including both b=0 
and diffusion weighted images with different diffusion gradient directions were 
tested in total.  
 
 
 RX (deg) RY (deg) RZ (deg) TX (mm) TY (mm) TZ (mm) 
Mean absolute 
Difference 0.505 0.207 0.106 0.214 0.562 0.810 
STD absolute 
Difference 0.487 0.297 0.184 0.191 0.512 0.642 
 
Table 6.1: Difference in registration accuracy between slice-to-volume with SVR and volume-
to-volume registration with Image Registration Toolkit 
 
The registration accuracy has been compared for three rotations: RX, RY and RZ and three 
translations: TX, TY and TZ between slice-to-volume with SVR and volume-to-volume 
registration with Image Registration Toolkit. 
819 slices with/without diffusion gradient from different angulated orientations were tested in 
total. The registration difference was within ¼ resolution element. 
 
 
As shown in table 6.1, when tested on adult data for which a ground truth could be 
known, the rigid body transformation determined by 2D to 3D registration was in 
excellent agreement with the reference 3D to 3D registration using Image 
Registration Toolkit, which we used as a gold standard since the same 2D slices 
were then registered as part of 3D volumes. It was found to accurate to 0.81mm 
(STD 0.64mm) in translation and 0.5deg (STD 0.49deg) in rotation, which is 1/4 
voxel accuracy given in-plane resolution 3mm×3mm and slice thickness 3.6mm. 
The anatomical correspondence was confirmed by detailed visual comparison. 
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6.4.2 Adult Validation 
A self-consistent 3D b=0 image volume was first reconstructed using the SVR 
method. As displayed in figure 6.2, slice-to-volume registration has successfully 
corrected motion for each slice, thus the reconstructed b=0 data is almost identical 
to the gold standard b=0 data that was acquired when the subject stayed still. The 
standard error, i.e., the square root of the residual mean square, between the 
reconstructed volume and the gold standard is 3.6%. This makes an accurate target 
volume for registering diffusion slices.  
 
After motion correction and fitting of the diffusion tensor to the resulting scattered 
data, the reconstructed 3D ADC map (figure 6.3 (b)) shows clear consistency of 
ADC values. This contrasts with the corrupted ADC evaluation obtained without 
motion correction (figure 6.3 (a)). When compared to the gold standard ADC 
values of the same subject when scanned stationary (figure 6.3 (c)), a standard 
error of 5.6% is obtained. Because of motion, those two volumes are not perfectly 
aligned with each other, therefore, small amount of rotation and translation is 
added to register the gold-standard still data to the reconstructed motion data. The 
3D FA map as displayed in figure 6.4 (b) is quite close to the gold standard 
displayed in figure 6.4 (c) as well, and found to achieve a standard error of 6.7% in 
FA Value. Furthermore, 8 Regions of Interest (ROI) measurement including Genu 
of Corpus Callosum (GCC), Splenium of Corpus Callosum (SCC), Posterior Limb 
of Internal Capsule (PLIC), Forceps major (FC), Anterior Limb of Internal Capsule 
(ALIC), Posterior region of Corona Radiate (PCR), Superior Longitudinal 
Fasciculus (SLF) and Superior region of Corona Radiate (SCR) on both ADC and 
FA values as displayed in figure 6.4 (c) were performed for detailed validation. 
The reconstructed ADC and FA values achieved excellent agreement with the gold 
standard subject still data in all 8 ROIs as listed in table 6.2 and 6.3. 
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Figure 6.2: Result for adult volunteer that deliberately moved during scanning: B0 Images 
 
(a) one loop of acquired transverse b=0 slices viewed in 3D  
(b) b = 0 volume from a moving subject reconstructed after motion correction  
(c) corresponding b = 0 volume from stationary gold standard. 
The standard error between reconstructed one and gold standard is merely 3.6% 
 
 
(a) 
(b) 
(c) 
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Figure 6.3: Result for adult volunteer that deliberately moved during scanning: ADC Map 
 
(a) reconstructed ADC map before motion correction. viewed in 3D  
(b) reconstructed ADC map after motion correction 
(c) corresponding ADC map from stationary gold standard. 
The standard error between reconstructed one and gold standard is merely 5.6% 
 
 
(a) 
(b) 
(c) 
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Figure 6.4: Result for adult volunteer that deliberately moved during scanning: FA Map 
 
(a) reconstructed FA map before motion correction. viewed in 3D  
(b) reconstructed FA map after motion correction 
(c) corresponding FA map from stationary gold standard. 
The standard error between reconstructed one and gold standard is merely 5.6% 
 
Regions of interest are represented by different colors on Transverse Images: 
White: Genu of Corpus callosum (GCC), Orange: Splenium of Corpus Callosum (SCC),  
Red: Posterior Limb of Internal Capsule (PLIC), Green: Anterior Limb of Internal Capsule 
(ALIC), Pupil: Forceps major (FC),  Blue: Posterior region of Corona Radiate (PCR) 
 
Regions of interest are represented by different colors on Coronal Images: 
White: Superior Longitudinal Fasciculus (SLF); Red: Superior region of corona Radiate 
(SCR) 
 
 
(a) 
(b) 
(c) 
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Although, the very bottom part of the brain is less accurate, due to lack of 6 
independent diffusion data there as the bottom part of the brain may move outside 
the acquisition window during scanning, accurate reconstruction has been achieved 
in the majority of the brain. 
 
 
 SCC PLIC FC GCC ALIC PCR SLF SCR 
Rec 0.75±0.05 0.88±0.09 0.88±0.09 0.89±0.09 0.80±0.07 0.86±0.04 0.81±0.06 0.84±0.05
Gold 
Standard 0.78±0.11 0.91±0.06 0.88±0.09 0.91±0.10 0.80±0.08 0.84±0.04 0.83±0.05 0.86±0.04
 
Table 6.2: ROI measurement on ADC: 
2 /m msµ  
 
ADC values from the reconstructed motion corrected images are in excellent agreement with 
those of the gold standard. They are all in the expected range of values for healthy adult 
subjects. 
 
 
 
 
 SCC PLIC FC GCC ALIC PCR SLF SCR 
Rec 0.74±0.11 0.64±0.04 0.56±0.09 0.65±0.09 0.56±0.07 0.56±0.09 0.52±0.10 0.42±0.07
Gold 
Standard 0.75±0.11 0.63±0.04 0.57±0.11 0.63±0.07 0.56±0.09 0.58±0.11 0.53±0.10 0.42±0.04
 
Table 6.3: ROI measurement on FA 
 
FA values from the reconstructed motion corrected images are in excellent agreement with 
those of the gold standard. They are all in the expected range of values for healthy adult 
subjects. 
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6.4.3 Fetal Examples 
The method has been tested on 8 fetal subjects (table 6.4) with 3-4 loops of 15-
direction DTI scans. All have been successfully reconstructed.  
 
Figure 6.5 shows data from a fetus of 26 weeks plus 5 days GA that had agenesis 
of the corpus callosum. 4 loops of transverse data were acquired with 2mm in-
plane resolution and 4mm (2mm slice separation) slice thickness. Figure 6.6 shows 
data from a more mature fetus of 30 weeks GA diagnosed with mild ventricular 
dilation. 3 loops of transverse data were acquired with the same spatial resolution. 
Almost 1/4 of slices were corrupted because of extreme sensitivity to motion, and 
so had to be excluded. The acquired slice data is not consistent in space figure 6.5 
(a-b) and figure 6.6 (a-b). Final reconstruction achieved 2mm isotropic resolution 
in all three dimensions for b=0 image, as well as ADC and FA maps. Successful 
reconstruction of the 3D b=0 image volume figure 6.5 (c) and figure 6.6 (c) makes 
an accurate target for registering the diffusion weighted slices. After motion 
correction, the reconstructed 3D ADC map figure 6.5 (d) and figure 6.6 (d) show 
clearly consistent appearances of ADC values. Different tissue types can clearly be 
differentiated, i.e. WM, CSF and cortex on the FA map figure 6.5 (e) and figure 6.6 
(e). The FA calculation is less robust than ADC and the results show greater 
fluctuations. A high resolution anatomical volume acquired with T2-W single short 
Turbo Spin Echo (ssTSE) dynamic sequence was also reconstructed for 
comparison in figure 6.5 (f) and figure 6.6 (f) with 1.25mm cubic resolution. 
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Figure 6.5: 15-direction DTI of a fetus diagnosed with agenesis of the corpus callosum scanned 
at 26 weeks plus 5 days 
 
(a) one loop of acquired fetal b0 transverse data viewed in Transverse, Coronal and Sagittal 
planes with 2 mm×2 mm in plane resolution, 4mm slice thickness and -2mm gap. 
(b) one loop of corresponding acquired fetal Diffusion data with b-value 500 s/mm2. 
(c)-(e) corresponding reconstructed b0 image, ADC map and FA map respectively with 2mm 
cubic resolution.  
(f) reconstructed anatomical data of 1.25mm cubic high resolution. 
 
 
(a)
(b)
(c)
(d)
(e)
(f)
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Figure 6.6: 15-direction DTI of a fetus diagnosed as mild ventricular dilation scanned at 30 
weeks 
 
(a) one loop of acquired fetal b0 transverse data viewed in Transverse, Coronal and Sagittal 
planes with 2 mm×2 mm in plane resolution, 4mm slice thickness and -2mm gap.  
(b) one loop of corresponding acquired fetal Diffusion data with b-value 500 s/mm2. 
(c)-(e) corresponding reconstructed b0 image, ADC map and FA map respectively with 2mm 
cubic resolution.  
(f) reconstructed anatomical data of 1.25mm cubic high resolution. 
 
 
(c)
(d)
(e)
(f)
(a)
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6.4.4 ROI Analysis for in-utero Fetal Brain ADC and FA 
Values 
Region of Interest (ROI) analysis was performed on all fetal subjects. ADC 
measurements could be made for all 8 subjects, while 5 of them had FA maps of 
sufficient quality for measurement. Figure 6.7 shows the locations of the sampled 
regions which included the Left and Right Central Centrum Semiovale (Lt/Rt 
central CSO), Left and Right Frontal White Matter (Lt/Rt FrontalWM), Left and 
Right Thalamus (Lt/Rt Thalamus), Left and Right Posterior Limb of Internal 
Capsule (Lt/Rt PLIC) and Genu of Corpus Callosum(Genu). The measured mean 
±  standard deviation (STD) values obtained for each subject are listed in table 6.4 
and 6.5. Measurements were also made in the splenium of the corpus callosum of 4 
subjects when this was clearly visible.  
 
 
 
 
Figure 6.7: ROI locations in the 9 sampled areas  
 
(a) Left and Right Central Centrum Semiovale (Lt/Rt CSO); 
(b) Left and Right Frontal White Matter (Lt/Rt FrontalWM); 
(c) Left and Right Thalamus (Lt/Rt Thalamus); 
(d) Left and Right Posterior Limb of Internal Capsule (Lt/Rt PLIC); 
(e) Genu of Corpus Callosum (Genu). 
 
 
 
(a) (b) (c) (d) (e) 
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Table 6.4: ROI Measurement of 8 Fetal Subject on ADC values (
2 /m msµ ) 
 
VD: ventricular dilation;  
Agen CC: Agenesis of the corpus callosum;  
UVD: unilateral ventricular dilation.  
Destructive: severe cerebellar hypoplasia. 
 
 
 
Diag. GA LtCSO  RtCSO  LtFrontalWM
Rt
FrontalWM
Lt 
Thalamus
Rt
Thalamus LtPLIC RtPLIC Genu 
Normal 24.4 1. 63±0.07 1.56±0.04 1.46±0.09 1.51±0.03 1.42±0.17 1.43±0.12 1.31±0.14 1.32±0.11 1.28±0.05 
Mild VD 25.4 1.79±0.04 1.78±0.02 1.63±0.09 1.70±0.02 1.31±0.04 1.26±0.02 1.34±0.03 1.34±0.05 1.42±0.09 
Agen CC 26.7 1.90±0.04 1.80±0.03 1.78±0.03 1.77±0.05 1.45±0.08 1.42±0.05 1.41±0.06 1.43±0.04 N/A 
Mild 
UVD 27 1.82±0.06 1.61±0.03 1.63±0.13 1.73±0.10 1.33±0.14 1.41±0.08 1.17±0.16 1.29±0.12 1.43±0.12 
Mild VD 30 1.91±0.09 1.89±0.08 1.90±0.11 1.93±0.03 1.36±0.06 1.18±0.08 1.42±0.11 1.25±0.04 1.33±0.16 
Normal 31.3 1.52±0.08 1.73±0.14 1.89±0.09 1.86±0.05 1.24±0.05 1.35±0.05 1.21±0.06 1.22±0.09 1.45±0.17 
Destructi
ve 34 1.09±0.06 1.21±0.08 1.23±0.05 1.30±0.05 0.74±0.02 0.85±0.08 0.86±0.02 0.96±0.09 1.36±0.16 
Agen CC 34.3 1.50±0.09 1.61±0.12 0.74±0.19 1.87±0.07 1.38±0.12 1.40±0.09 1.06±0.06 1.15±0.17 N/A 
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Table 6.5: ROI Measurement of 5 Fetal Subjects on FA Values 
 
VD: ventricular dilation;  
Agen CC: Agenesis of the corpus callosum;  
UVD: unilateral ventricular dilation.  
Destructive: severe cerebellar hypoplasia. 
 
 
 
 
Diag. GA LtCSO  RtCSO  LtFrontalWM
Rt
FrontalWM
Lt 
Thalamus
Rt
Thalamus LtPLIC RtPLIC Genu 
Normal 24.4 0.16±0.02 0.14±0.02 0.18±0.03 0.25±0.03 0.17±0.04 0.15±0.03 0.27±0.01 0.23±0.04 0.43±0.04 
Mild 
VD 25.4 0.12±0.01 0.11±0.02 0.18±0.03 0.20±0.04 0.22±0.05 0.13±0.04 0.25±0.04 0.29±0.05 0.40±0.11 
Agen 
CC 26.7 0.10±0.03 0.11±0.04 0.16±0.03 0.16±0.04 0.14±0.03 0.19±0.06 0.27±0.08 0.37±0.06 N/A 
Mild 
VD 30 0.16±0.06 0.15±0.07 0.15±0.05 0.12±0.04 0.25±0.06 0.20±0.09 0.35±0.04 0.28±0.06 0.51±0.09 
Destruct
ive 34 0.28±0.05 0.23±0.08 0.30±0.08 0.16±0.04 0.21±0.08 0.24±0.05 0.35±0.08 0.44±0.10 0.49±0.04 
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In our measurement, the STD of both ADC values and FA values are significantly 
lower than their corresponding mean values. This is due to excellent accuracy and 
high resolution proved in section 6.4. Comparison between our results with 
previous ex-utero and in-utero studies are presented in the following sections. 
 
Comparison with ex-utero Results 
ADC values depend on water content which is known to decrease with increasing 
gestational age but also with the cellular content of the tissue. Immature white 
matter contains bands of migrating cells which may modulate the ADC as they 
migrate through the hemispheres, possibly disrupting the simple direct relationship 
between gestational age and ADC values. Anisotropy increases in white matter 
with increasing gestational age resulting in increasing FA values. However, in 
preterm newborns with white matter injury, these maturational trends in FA may be 
diminished or even reversed (Prayer et al., 2006).  
 
The ADC and FA values of our fetal data especially the normal ones are consistent 
with the corresponding ex-utero measurements published (Partridge et al., 2004) as 
shown in figure 6.8, where results from the current study are superimposed on the 
published data. FA values from one normal fetus and ADC values from three 
normal fetuses at Posterior Limb IC and Centrum Semiovale are shown as green 
and blue close circles respectively and they both correspond very well with the 
neonatal data. Although the FA value for Splenium of the Corpus Callosum from 
one normal fetus is less close to the neonatal data at similar gestational age, it is 
still within the same general range (pink close circle).  
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Figure 6.8: Comparison between normal fetus and neonates with similar gestational age on 
ADC and FA values   
 
 Posterior Limb IC FA or ADC value of normal fetuses; 
 Centrum Semiovale FA or ADC values of normal fetuses; 
 Splenium FA or ADC values of normal fetuses. 
 
 
Comparison with other in-utero Results 
There are a few reported studies of in-utero fetal brain ADC values in different 
brain regions. Righini et al. (2003b) reported ADC values of 1.96 ± 0.1 2 /m msµ  , 
1.95 ± 0.1 2 /m msµ  and 1.56 ± 0.1 2 /m msµ  for frontal and occipital white matter and 
basal ganglia gray matter respectively, based on a study of 15 normal fetuses (GA: 
22-35 weeks). They also found a significant negative correlation between ADC and 
gestational age for basal ganglia, whereas only a trend was present for frontal white 
matter (Righini et al., 2003b). Another group (Bui et al., 2006) reported mean ADC 
values 1.8 2 /m msµ  in the centrum semiovale, 1.2 2 /m msµ  in the splenium of the 
corpus callosum and 1.1 2 /m msµ  in the pyramidal tract based on a similar study of 
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a group of 24 normal fetuses (GA: 22 – 35.4 weeks). They also observed a 
decrease in ADC values with gestational age in the pyramidal tract and the corpus 
callosum and a trend towards a decrease in the centrum semiovale. 
 
The mean ADC values for our 2 normal fetuses (GA: 24.4w and 31.3w) are 
1.61 ± 0.09 2 /m msµ  in the centrum semiovale and 1.68 ± 0.22 2 /m msµ in the frontal 
white matter. They are a bit lower than the previously reported in-utero result, but 
are very well correlated with ex-utero results as detailed in the previous section.  
 
Although highly valuable, in-utero DTI has been reported very recently by Bui et 
al. (2006). According to their measurements, the mean and standard deviation FA 
values in the centrum semiovale, splenium of the corpus callosum and the 
pyramidal tract were 1.13 ± 1.39%, 3.76 ± 3.95% and 4.72 ± 5% respectively. 
Despite the even larger STD compared to the mean, their mean FA values were 
significantly lower than those found in DTI studies in preterm infants at similar 
gestational age. They hypothesized that technical factors such as insufficient in-
plane resolution, inhomogeneities and decreases in SNR led to a very significant 
under-estimation of the white matter FA value. However, the fundamental flaw in 
the FA estimation may be due to fetal motion and maternal respiration within their 
53 second DTI data acquisition. This kind of motion makes diffusion gradient 
directions for individual slices inconsistent and therefore, invalidates the 
calculation of the diffusion tensor.  
 
As detailed in table 6.5, the FA values from our measurement, especially the 
normal subjects are in excellent agreement with ex-utero results. There is currently 
no other reported FA values from in-utero fetal brain studies except for (Bui et al., 
2006) and us (Jiang et al., 2007a).  
 
Given the very limited data we have so far been able to collect, it is too early to 
draw any general conclusions from the measured ADC and FA values. However, it 
is very likely that with more data, especially if more examples from normal 
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subjects can be included, relationships between DTI values and the in utero micro-
structural of the developing brain can be established soon. 
 
6.5 Discussion and Conclusion 
6.5.1 Image Quality of in-utero Fetal Brain DTI 
As mentioned before, parallel imaging techniques that rely on pre-acquired 
reference data were not used for in in-utero fetal DTI because the mothers tend to 
change their position during exams and that leads to a mismatch between the actual 
coil position and the previously acquired reference data. However, this will 
increase the total number of phase encodings for each 2D slice, and thus 
increase ET  resulting in reduced SNR. Moreover, collecting data over a long 
sampling time will cause the term 
*
2/ET Te− to significantly modulate the signal 
amplitude across the echo train. As illustrated in (Haacke et al., 1999), this results 
in an effective loss of spatial resolution that is in direct proportion to the number of 
phase encoding steps. And this may limit the achievable actual in-plane resolution 
of fetal DTI, although we haven’t found any noticeable resolution loss at 
2mm× 2mm.  
 
In general, as shown in figure 6.5 and figure 6.6 (a), the diffusion weighted images 
of in-utero fetal brain have much poorer SNR compared to those of adult or 
neonatal brain imaged with SENSE head coil. When imaging postnatal brain, the 
patient can often manage to stay still during scanning, or sedation is used for 
neonatal scan. Therefore, parallel imaging techniques, e.g. SENSE can be used to 
accelerate the scanning, and reduce the EPI factor. Moreover, for postnatal 
scanning the total FOV can be set just enough to cover the entire brain, i.e. 230mm, 
while for the fetal scanning the FOV should be enlarged to 300mm to cover the 
maternal abdomen, which will also increase the number of phase encoding steps, 
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i.e. the EPI factor, to preserve resolution. Thus the ET  of postnatal brain DTI can 
set to be much shorter to achieve higher SNR as well as reduced *2T decay effect 
resulting in minimum resolution loss. Furthermore, in some cases, the fetal brain is 
embedded deeply in the uterus that is far away from the torso coil. This will also 
result in signal loss because the sensitivity of this kind of surface coil will decrease 
with increasing distance.      
 
Geometrical distortion is also a much less severe a problem because B0 
homogeneity is improved largely in the in-utero environment, where only 
minimum air-tissue interfaces exist. Moreover, shimming over small region 
containing fetal brain only, e.g. 100mm cubic volume, will be more effective. 
 
6.5.2 Summary and Future Work   
We have described a novel methodology for performing diffusion tensor imaging 
on moving subjects by combining registered 2D slices from sequential diffusion 
weighted scans. The method requires that the anatomy in question is not changing 
shape or size or diffusion properties and is moving at a rate that allows EPI images 
to be acquired. It has been performed successfully on adults and especially on 
fetuses, for which no conventional diffusion tensor imaging method is currently 
available. Fine structure on both ADC and FA map indicating microstructural 
development of the in-utero fetal brain is clearly revealed for the first time.  
 
The other key feature of the method is diffusion tensor matrix reconstruction to 
combine scattered data from realigned slices into a regular grid for the final 
reconstructed images. The data may contain samples that are spatially very close 
together, and because these may come from separately acquired slices, they are 
subject to uncorrelated noise as well as different diffusion gradient directions. This 
places a dual requirement on the accuracy of registration; correct alignment of 
samples in the anatomical space and correct prescription for the direction of 
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diffusion sensitization in anatomical space. The FA calculation places particular 
emphasis on this combined need and the fact that the results proved to be both 
plausible anatomically and numerically consistent in magnitude provides support 
for the conclusion that sufficient precision has been achieved. The internal 
consistency of the adult test data provides further supporting evidence. As yet the 
results are probably not quite adequate to support tractograghy studies, but this is 
an active area of further study. 
 
The price of the benefits offered by this technique is increased scan time to allow 
multiple loops to be acquired. In the case of fetal scanning, since no breath hold or 
sedation is required, this has been found to be easily tolerated by the subjects 
scanned so far. For adult and pediatric subjects the method offers the capability to 
obtain high quality diffusion tensor reconstruction even when the subject is unable 
to cooperate with the examination and may be moving by many millimeters or 
turning by many degrees during the acquisition period. Validation using adult data 
has been performed to verify that the results obtained are consistent with the 
known ground truth and the reconstruction faithful. 
 
Despite the excellent ADC reconstruction, the FA reconstruction is less than 
perfect. Besides exploring sequences that acquire higher quality in-utero fetal brain 
DTI images that of high SNR, high contrast and high resolution as detailed in 
section 6.5.2, methods that allow more robust diffusion tensor reconstruction will 
be developed. This will possibly lead to future pursuit of the tractography studies 
of the in-utero fetal brain. 
 
Moreover, efficient segmentation methods as well as removal of motion corrupted 
diffusion weighted images will be required to avoid extensive manual intervention 
in what is otherwise a completely automatic process. 
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Chapter 7 
An Initial Application of SVR – 
Assessing Fetal Brain Growth in-
utero  
7.1 Introduction 
This chapter details a first application study for Snapshot MRI with 3D Slice-to-
Volume Reconstruction (SVR), in which the reconstructed images have been used 
to study in-utero human fetal brain development. The aim of this study was to 
devise growth curves for the normally developing fetal brain by the quantification 
of cerebral and cerebellar volumes. Well established standardized 1D 
measurements were also measured for validation. All the quantification 
measurements were performed by one experimenter, a medical student Tayyib 
Hayat throughout the study, who is also the collaborator here. 
 
7.1.1 Current Standard Clinical Approach with USS 
The current clinical practice for assessing brain development both in-utero and post 
partum is to use 1D length measurements such as head circumference (HC), 
biparietal diameter (BPD) and transverse cerebellar diameter (TCD). These 
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parameters have been used for over a decade especially in Ultrasound Sonography 
(USS) and the growth curves that have been devised are based on the findings from 
the measurements of hundreds of normal fetuses. Chitty et al. (1994) derived both a 
HC chart (figure 7.1) and a BPD chart (figure 7.2) from 663 fetal USS 
examinations with gestational age (GA) between 12 weeks and 42 weeks. They are 
well accepted as the clinical standard to evaluate in-utero fetal brain development. 
Both charts show a growth pattern with a declining rate of change with gestational 
age. 
 
 
 
 
Figure 7.1: in-utero fetal head circumference (HC) chart derived from USS examinations 
(Chitty et al., 1994): Top line:  90th centile; Middle line: 50th centile; Bottom line: 10th centile 
 
Red crosses: measured HC values from 20 normal SVR reconstructed MR fetal volumes. 
They are well correlated with the normal HC values in the standard chart derived from USS 
examinations.  
 
Blue crosses: measured HC values from 2 normal neonatal MR volumes 
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Figure 7.2: in-utero fetal biparietal diameter (BPD) chart derived from USS examinations 
(Chitty et al., 1994): Top line:  90th centile; Middle line: 50th centile; Bottom line: 10th centile 
 
Red crosses: measured BPD values from 20 normal SVR reconstructed MR fetal volumes. 
They are well correlated with the normal BPD values in the standard chart derived from USS 
examinations.  
 
Blue crosses: measured BPD values from 2 normal neonatal MR volumes 
 
 
 
Later, (Chang et al., 2000) derived a TCD chart from USS examinations of 223 
normal fetuses with GA between 20 weeks and 40 weeks as shown in figure 7.3. 
This is based on linear regression with correlation coefficient r = 0.95 and 
p<0.0001. The standard error for using the TCD to estimate the GA is 1.82 weeks. 
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Figure 7.3: in-utero fetal Transverse Cerebellar Diameter (TCD) derived from USS 
examinations (Chang et al., 2000): Top line:  90th centile; Middle line: 50th centile; Bottom 
line: 10th centile 
 
Red crosses: measured TCD values from 20 normal SVR reconstructed MR fetal volumes. 
They are well correlated with the normal HC values in the standard chart derived from USS 
examinations.  
 
Blue crosses: measured TCD values from 2 normal neonatal MR volumes 
 
 
 
7.1.2 3D Quantitative Studies of the Fetal Brain with MRI 
Using volume measurement, e.g., Whole Brain (WB), Cerebral Parenchyma (CP) 
and Cerebella, to analyze in-utero fetal brain development is gaining popularity 
with the recent advance of high resolution imaging techniques.  
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Growth Curve Fitting with Simple Linear Regression Model 
(Gong et al., 1998) reported using gradient recalled acquisition in the steady state 
(GRASS) MR sequence to investigate the relationship between fetal brain volume 
and GA in the third trimester of normal pregnancy. In this early study, they 
scanned 18 normal fetuses with GA between 27-40 weeks with in-plain resolution 
of 1.875mm× 1.875mm and a very thick slice of 10mm to limit the total acquisition 
time. This group employed the Cavalieri method that simply added all areas from 
each 2D image together to calculate the total fetal brain volumes. They found the 
brain volume (including the cerebral hemispheres, cerebral ventricles, and 
cerebellum) in the normal fetal group ranged from 121.5mL to 371.2 mL and later 
used a simple linear regression model as described in equation 7.1 to depict the 
trend. It indicated that the daily increase in fetal brain volume during the third 
trimester in normal fetuses is 2.3 mL. 
 
fetal brain volume (mL) = 15.8× gestational age (week) – 288.2 (mL)    Equation 7.1 
 
The fitted R squared value, i.e., squared correlation, R2 = 0.71 which indicated a 
fitted correlation coefficient r = 0.84.  
 
In another study by (Grossman et al., 2006b) scanned a group of 27 normal fetuses 
with GA ranged from 25 to 41 weeks at 1.5 T using a similar ssTSE T2 sequence to 
the one used here, with in-plane resolution 0.94mm× 1.34mm and slice thickness of 
3 mm with no gap. Using a manual segmentation method and similar Cavalieri 
volume calculation approach, they found that cerebral and cerebellar volumes are 
positively correlated with gestational age (correlation r = 0.67 and r = 0.51 
respectively, p < 0.05) by simple linear regression. Analysis of the ventricular 
volumes showed no significant change in the lateral ventricular volume over the 
range of gestational ages in their sample (r = 0.052, p = 0.08).  
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Growth Curve Fitting with Simple Exponential Regression Model 
Later, Kazan-Tannus et al.(2007) reported using a log-10 based exponential model 
to describe in-utero fetal brain development. They scanned 50 fetuses with GA 
between 17-37 weeks including 8 normals and 42 with ventriculomegaly that had 
abnormal transverse atrial measurement of 10-15mm. They acquired all images 
with T2 weighted ssTSE sequence with in-plane resolution 1.17mm× 1.17mm and 
slice thickness of 4-5mm. The segmentation and volume calculation were the same 
as previous studies. They found that the simple linear regression ratio between log-
10 transformed parenchyma volume and GA was 0.0636 per week with very low 
fitted correlation coefficient r = 0.66. The linear regression ratio between 1og-10 
transformed ventricular volume or Cerebellum and GA were 0.017 per week and 
0.065 per week respectively. However the mixed subject population in this study 
may make it more difficult to interpret.  
 
There is an obvious problem with this simple exponential regression model, in that 
it predicts an ever accelerating growth pattern which is unlikely to be consistent 
with the established growth curves based on simple 1D measurements of HC or 
BPD as displayed in figure 7.1 and 7.2. In fact inspection of the exponential fits 
presented by Kazan-Tannus et al (2007) confirms that the model fits the data from 
central GA period but results in systematic discrepancies for both early and late 
GA data values. This may suggest the volume evolution during the entire GA range 
cannot be simply treated as exponential, and so a more appropriate regression 
model should be sought.  
 
7.2 Methodology 
This study included patients that had been referred for a fetal MRI as part of a 
clinical investigation. The patients were asked to give consent to the use of the MR 
images for an approved research project: ‘Clinical Evaluation of Magnetic 
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Resonance Imaging (MRI) in Fetal Medicine’, with Imperial College Healthcare 
NHS research ethics committee (Ethics number: 2002/6375). 
 
Fetal brain images were acquired on a Philips 1.5T Intera system, using a 4-
channel phased array body coil or a 5-channel phased array torso coil with protocol 
detailed in table 4.1, row 1. 4 Basic loops of dynamic scans were acquired in a 
transverse orientation and in some patients an additional 2-4 loops of data were 
collected in the transverse, sagittal and coronal planes. Image pre-processing 
involved segmentation of fetal brain from maternal structures on all loops; data was 
then registered and reconstructed using SVR method. 
 
7.2.1 Cohort 
There were 64 scans acquired between October 2006 and August 2007 at 
Hammersmith Hospital’s Robert Steiner MRI unit.  The participants in this study 
were categorised into three major groups:  
 
1) Healthy Volunteers (3 patients) 
2) Pregnant mothers that are undergoing fetal MR scans due to referral 
following suspected neurological abnormalities on ultrasound scan (46 
patients) 
3) Pregnant mothers that are undergoing foetal MR scan due to an abnormality 
with a previous pregnancy (15 patients) 
 
Twenty normal fetuses in total were selected for this quantification study, and all 
images were processed with SVR. The GA range of this normal set was 19 to 35 
weeks; 18 were singleton pregnancies, 2 fetuses were from twin pregnancies. Data 
from two normal neonates scanned 1 day after birth (GA: 38.14w) and 5 days after 
birth (GA: 41w) respectively with same resolution and contrast have also been 
included to capture the final period of in-utero human brain development. 
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Including this data requires the assumption that there was no significant difference 
in brain development happening during this short ex-utero period. 
 
7.2.2 Segmentation of the Region of Interest (ROI) 
The study focused on three specific ROI (figure 7.1): 
1. Cerebral Parenchyma 
2. Cerebellum 
3. Ventricular System (lateral, third, fourth, cerebral aqueduct, and 
interventricular foramina) 
 (The brain stem was not included) 
 
On completion of SVR, the final reconstructed brain images were rotated to be 
presented in the pure transverse plane and reconstructed into 1.25mm cubic voxel 
size. The images were then manually segmented using MRIcro to draw around the 
target regions of interest. Images were viewed under maximum magnification (x6) 
so that each voxel could be discriminated. To ensure accuracy of the segmentation 
in 3D, the brain would be viewed in three orientation planes to adjust the borders of 
ROI as displayed in figure 7.4. (Hayat, 2007)  
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Figure 7.4: Regions of Interest (red borders) outlined using MRIcro 
 
(a) – (c) The cerebral parenchyma is outlined in transverse, sagittal and coronal planes, this is 
repeated for every slice in each fetus; the regions are then filled and the volumes are 
calculated.  
(d) – (f) The cerebellum outlined in the same three planes.  
(g) – (h) The ventricular system outlined in three planes. 
 
 
 
7.2.3 Measurement of 1D Parameters 
Due to the isotropic volume reconstruction of SVR, the brain volume can be 
rotated arbitrarily to find the truly widest cross section of the organ in interest that 
allows more accurate diameter measurement. Measurements were then made of the 
HC, BPD and TCD using ImageJ. Operational details can be found in (Hayat, 2007) 
 
   
(d) (e) (f) 
(g) (h) (i) 
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Figure 7.5: Measurement of 1D parameters 
 
(a) Measurement of head circumference (blue arrow) around the outer edge of the skull.   
(b) Measurement of biparietal diameter (green arrow) across the parietal eminences at the 
level of the basal ganglia and thalamic nuclei.   
(c) Measurement of the transverse cerebellar diameter (yellow arrow) across the widest 
transverse section of the cerebellum.   
 
 
7.2.4 Growth Model Fitting 
Drawing on the 1D data from USS it seems plausible that following initial rapid 
brain volume growth, some kind of saturation process begins to set in. This form of 
behavior is reminiscent of models of population growth in which initial exponential 
expansion is gradually curtailed by external factors such as limitations on food or 
other habitat constraints. In the case of the fetus this might be the finite size of the 
womb or some other limiting factor that causes the growth rate to decline. An 
analytical function that has been used to describe this kind of behavior is the so 
called Verhulst model (Kingsland, 1995), which is built on the following properties: 
  
 
(a) (b) 
(c) 
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• The rate of its growth is proportional to the existing value, all else being 
equal 
• The rate of its growth is proportional to the amount of available external 
resources, all else being equal. 
 
Thus the second term models the competition for available resources, which tends 
to limit growth. 
 
Let P represent the biometric measure (e.g. brain volume in this case) and t  
represent gestational age, this model is formalized by the differential equation: 
(1 )dP PrP
dt K
= −                      Equation 7.2 
                   
Where the constant r defines the growth rate and K is the carrying capacity, i.e., 
the maximum value of P. The solution to equation 7.2 at gestational age t  given 0P  
being the initial value at time zero is 
0
0
( )
( 1)
rt
rt
KP eP t
K P e
= + −                      Equation 7.3 
                  
Where  
lim ( )
t
P t K→∞ =                 Equation 7.4 
          
According to the Verhulst model, the actual growth rate at certain GA: dP
dt
is 
proportional to its current value P  multiplied by the residual percentage to its 
maximum possible value (capacity) (1 )P
K
−  with a constant growth rate factor r. 
The growth rate decreases with increasing current value, and will finally stop 
growing when the current value reaches the capacity value K.  
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At early time points when P  is small compared to the capacity K, i.e., 0P
K
≈ , 
equation 7.2 can approach its limit: 
dP rP
dt
=                                Equation 7.5 
 
The Verhulst model is then degraded to a simple exponential model as described in 
equation 7.5 and 7.6. 
0( )
rtP t P e=                                    Equation 7.6 
 
The same effect occurs if the capacity value K is huge, then 0P
K
≈ even for large 
times, when the Verhulst model will also reduce to the simple exponential form of 
equations 7.5 and 7.6.  
 
The Verhulst model was used to fit the measured volume data. For comparison the 
previously used linear regression and exponential models were also fitted to the 
data and the results compared using the correlation coefficients r. The reduced chi-
square 2reducedχ was also used as a goodness of fit parameter and isdefined in 
equation 7.7 
2 2
2
1{ [ ( )] }/( 1)reduced i i
N i
y f x N Pχ σ= − − −∑                                Equation 7.7 
 
Where N is number of observations, i.e., number of measured data points and P is 
the number of fitted parameters, i.e., P is 3 for the Verhulst model and 2 for both 
the linear and exponential models. Therefore, N-P is the degree of freedom when 
using current fitting model. iy  is the observational data, i.e., volumetric 
measurements; ix is the independent variable, i.e., gestational age and f is the 
assumed relationship between x  and y . 2iσ is the variance of each measurement; 
for comparing the different models we can neglect 2iσ since it is the same for each 
measurement. We therefore simplify equation 7.7 as 
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2 2{[ ( )] }/( 1)reduced i i
N
y f x N Pχ = − − −∑                                Equation 7.8 
 
All calculations and statistical analyses were performed using scripts programmed 
in Matlab. 
 
7.3 Results 
7.3.1 Volume and 1D Measurements 
All 20 SVR reconstructed normal fetal brains were of sufficient quality for 
inclusion in this study. The intra-observer variability for each parameter was 
measured to be within +/- 2% of the mean (Hayat, 2007). The data for each 
measurement on each subject are listed in table 7.1. The simple 1D measurements 
are plotted as the red crosses against GA in figure 7.1-7.3 and overlaid on standard 
growth curves for these measurements based on USS. They are all well correlated 
with the normal values. Besides confirming that the fetal subjects included in this 
study are consistent with the normal range, this could also provide evidence to 
argue that the SVR method indeed achieves accurate reconstruction.  
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                                                                                      All volumes in mm3 and 1D measure in mm 
No. Age / W Whole Brain Ventricles Cerebral Parenchyma Cerebellum HC BPD TCD 
1 19 34068 4361 29707 926 167.85 48.25 18.23 
2 19.7 31464 2812 28652 802 167.93 47.49 18.14 
3 22 48215 1998 46217 1369 191.26 51.54 21.87 
4 23 65185 2312 62873 2109 214 60.29 24.64 
5 23 61948 3049 58899 2495 211.33 59.9 23.48 
6 23.57 57994 3067 54927 2016 197.71 57.13 21.94 
7 27.57 113810 2769 111041 4833 263.53 74.13 32.24 
8 28 130310 2738 127572 5171 257.66 74.74 35.27 
9 28 125190 6179 119011 5083 264.27 75.7 32.14 
10 28 109060 2241 106819 4346 257.36 73.47 30.31 
11 28.43 110780 4356 106425 3918 246.73 72.5 30.11 
12 29 120540 2002 118538 5058 272.37 73.18 31.78 
13 30 149000 3920 145080 5865 280.18 80 32.18 
14 31 200160 5180 194980 8604 299.11 83.83 37.98 
15 31 176250 4302 171949 7553 270.11 79.4 37.26 
16 31.29 187790 3914 183876 8574 301.85 83.79 40.16 
17 32 198560 4967 193593 9412 307.43 90 38.6 
18 32 175350 2205 173145 9197 309.89 84.8 42.17 
19 33 198260 2452 195808 9646 295.56 82.74 39.32 
20 35 260520 3081 257439 13858 313.27 88.34 47.332 
21N 38.14* 281590* 2784* 278806* 18962* 310.6* 86.52* 51.291*
22N 41* 347510* 5116* 342394* 20985* 338.19* 91.38* 58.522*
 
Table 7.1: Quantified volume and 1D measurements from 20 normal fetuses and 2 normal neonates (*) 
 
 
 
7.3 Results                           192                       
 
7.3.2 Growth Model Fitting for Volume Measurements 
The volume data is presented in figures 7.6 – 7.8 with overlays plotted for the three 
regression models described above. All three volume biometrics (whole brain, 
cerebral parenchyma and cerebella) measurements were fitted more accurately 
using the Verhulst model than with the linear or exponential models over the entire 
GA range.  
 
Correlation coefficients r and 2reducedχ  for the Verhulst model are 0.9901 and 
1.60× 108 mm6 for whole brain, 0.9910 and 1.44× 108 mm6 for cerebral parenchyma 
and 0.9947 and 3.64 × 105 mm6 for cerebellum  with p < 0.0001 as displayed in 
figure 7.6-7.8. 2reducedχ  for Verhulst model is 2 to 4 times smaller compared to both 
linear and exponential model, indicating that it gives the best fit to the data.  
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Figure 7.6: Measurement of Whole Brain (WB) / mm3 
 
The Verhulst model fit the measurement of HC excellently within the entire gestational age 
range, i.e., 19w-41w. Its fitting correlation is 0.9901 and the reduced chi-square fitting errors 
is 1.60× 108 mm6 . The growth rate r is 0.183 / week and its upper limit (capacity) is 415771.96 
mm3. 
 
While for both exponential model and linear model, the data have been fitted much less well, 
especially at the early end (19w-23w) and late end (35w-41w) period of gestational age. 
Therefore, their fitting correlations are lower and the reduced chi-square fitting errors are 
much higher. 
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Figure 7.7: Measurement of Cerebral Parenchyma (CP) / mm3 
 
The Verhulst model fit the measurement of HC excellently within the entire gestational age 
range, i.e., 19w-41w. Its fitting correlation is 0.9910 and the reduced chi-square fitting errors 
is 1.44× 108 mm6 . The growth rate r is 0.1806 / week and its upper limit (capacity) is 
429698.75 mm3. 
 
While for both exponential model and linear model, the data have been fitted much less well, 
especially at the early end (19w-23w) and late end (35w-41w) period of gestational age. 
Therefore, their fitting correlations are lower and the reduced chi-square fitting errors are 
much higher. 
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Figure 7.8: Measurement of Cerebella / mm3 
 
The Verhulst model fit the measurement of HC excellently within the entire gestational age 
range, i.e., 19w-41w. Its fitting correlation is 0.9947 and the reduced chi-square fitting errors 
is 3.64× 105 mm6 . The growth rate r is 0.225 / week and its upper limit (capacity) is 27012.58 
mm3. 
 
While for exponential model, the data has been fitted much less well, especially at the late end 
(35w-41w) period of gestational age. For linear model, the data has not really been fitted via a 
straight line. Therefore, their fitting correlations are lower and the reduced chi-square fitting 
errors are much higher. 
 
 
The volume of the ventricles did not demonstrate a significant change with 
gestational age. When fitted to a linear model, the fitting correlation is only 0.2364 
and the reduced chi-square fitting errors is as large as 1.28 × 106 mm6 as displayed 
in figure 7.9. This correspond very well with previous findings reported by 
(Grossman et al., 2006a). 
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Figure 7.9: Measurement of Ventricular Volume (mm3) v.s. Gestational Age 
 
The Ventricular Volume did not demonstrate a significant change with gestational age. When 
fit to a linear model, the growth rate is 50.73 mm3 / week and the intercept is 1984 mm3 but 
the fitted correlation is only 0.2364 and the reduced chi-square fitting errors is as large as 
1.28× 106 mm6. 
 
 
7.4 Discussion and Conclusion 
This small initial study of 22 normal subjects allowed the reconstructions produced 
by SVR to be checked against standard USS derived growth curves using 1D 
measurements, and also showed that volumetric measurements are feasible. The 
data obtained is better fitted by the Verhulst model than by either the linear or 
exponential models previously proposed. This seems plausible in qualitative terms 
as it is evident that the rate of brain growth slows later in pregnancy and the use of 
a model of this kind could provide insight into basic growth processes.   
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7.4.1 Implication of Findings 
Indication of Verhulst Model 
The findings of this study show well-defined trends for the increase both in 3D 
volume and 1D diameter of the three organs studied during the entire second half 
of pregnancy (GA between 19-41 weeks). The 1D measurements were consistent 
with the established growth curves as expected. The volume measurements were 
well fitted by a Verhulst model detailed in section 7.2.4 and the results have a very 
low level residual error. The shape of the trend line shows that during the entire 
second half gestational range until 41 weeks, at the initial stage, the growth is 
approximately exponential; then, as saturation begins, the growth slows. Detailed 3 
parameters: growth rate r , upper limit K and initial value 0P  of the Verhulst model 
according to equation 7.3 for all three volumetric measurements are listed in table 
7.2 together with corresponding fitting correlation and reduced chi-square fitting 
residual error.  
 
The Initial Value ( 0P ) represents the starting volume at t = 0, i.e. nominally at the 
beginning of development, and is therefore expected to be finite, but close to zero. 
For all 3 measured quantities, 0P  is substantially smaller than the measurements at 
the earliest available GA (19 weeks), which is logically acceptable. Because we do 
not have any measurements from the first half of gestation, i.e., between 
fertilization and 19 weeks, the current fitted Verhulst model using measurements 
from second half GA only cannot be used to describe the growth during this period 
of time. Moreover, in-utero fetal brain development during each of the three 
trimesters is considered to be different. Development during the first trimester is 
dominated by cell division and embryo development. During the second trimester, 
organs continue to mature and the most rapid brain development happens during 
the third trimester. This may also imply that even within the in-utero stage, it 
would be appropriate to use different models to describe the brain developments 
during different periods.  
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Parameter WB (mL) 
CP 
(mL) 
Cerebella 
(mL) 
Initial Value 0P  0.99 0.82 0.01 
Measured Value 
at 19w GA 34.1 29.7 0.93 
Measured Value 
at 41w GA 347.5 342.4 20.99 
Upper Limit K 415.8 405.4 27.01 
Normal Adult 
Value 1400
a 1250a 133.8b 
Fitting 
Correlation R 0.9901 0.9910 0.9947 
Reduced Chi-
Square 160 cm
6 144 cm6 0.364 cm6 
 
Table 7.2: Compare fitted parameters according to the Verhulst model to original 
measurements and normal adult values 
 
a: Normal adult values for whole brain (WB) and cerebral parenchyma (CP) are taken from 
http://faculty.washington.edu/chudler/facts.html 
 
b: Normal adult value for Cerebella is taken from (Luft et al., 1999) in 48 healthy volunteers 
(age 19.8-73.1 years). 
 
 
The upper limit K is only 18%-28% percent bigger than the measurements from the 
latest available GA (41 weeks) for all 3D measurements. However, they are clearly 
substantially smaller than the normal adult values as listed in row 5, table 7.2. This 
is perhaps not surprising as we cannot assume that ex-utero development is driven 
by a similar mechanism as during the in-utero stage. Studies show that ex-utero 
development is quite different both from the in-utero stage (Dekaban, 1978; Huang 
et al., 2006) and within different periods of childhood (Caviness, Jr. et al., 1996) 
and adulthood (Courchesne et al., 2000). There is even age related brain volume 
(Scahill et al., 2003) and cerebellum volume (Luft et al., 1999) shrinkage during 
the late stages of adulthood. Thus the Verhulst model appears an effective way of 
parameterizing in-utero growth during the later part of pregnancy, but it does not 
provide a means of extrapolating to much earlier or later time points. 
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Comparison with Existing Studies 
The correlation coefficients from our study are much higher (r = 0.9926 and r = 
0.9955) than those found by Grossman et al (2006) using MRI (r = 0.67 and r = 
0.51) for the whole brain and cerebellum and are comparable to Chang et al (2000 
and 2003) using USS (linear regression, r = 0.99) for the whole brain.  
Although, it seems not proper to correlate the ventricular volume against the GA as 
detailed in section 7.3.2, results for the 1D measurements of the transverse 
cerebellar diameter (TCD) show a highly correlated and statistically significant 
increase with gestational age (r = 0.9857, p < 0.0001).  This finding is consistent 
with those of (Vinkesteijn et al., 2000) who found that the fetal cerebellum 
increases by more than double during the second half of pregnancy. This is further 
supported by the findings of (Triulzi et al., 2005), who based on a meta-analysis of 
580 fetal imaging studies showed that the TCD increased from 17mm to 47.5mm 
between 19 and 36 weeks gestation. 
 
7.4.2 Limitations of this Study 
The major limitations of our study is its relatively small sample size, especially as 
there were gaps in the age range, for example there were no fetuses before 19 
weeks GA and between 24 and 27 weeks GA, only one fetus between 28.43 and 31 
weeks, and more significantly no fetuses between 36 weeks and term. Thus, we 
have to employ two normal neonatal data that scanned shortly after birth instead. 
Therefore, there may not be enough data points on our growth charts to 
categorically describe the development of the brain regions under investigation. 
However, the general trend displays a very strong statistical significance.  
 
Furthermore, all fetuses, except the three volunteers, had been referred to the MRI 
unit for suspected brain anomalies, history of maternal neurological disease, or a 
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history of abnormalities in previous pregnancy, therefore it is questionable to 
categorically state that the fetuses are truly normal. Also, due to the study deadlines 
it was not possible to include the results of postnatal follow-up; clinical 
information such as the baby’s performance on the Griffith’s Developmental 
Assessment Scales at 2 years of age is being employed to confirm that the infant is 
developing normally. 
 
To increase the reliability and robustness of the results, the measurements should 
be made by several independent experimenters. It is unlikely that these limitations 
have had a significant impact on the results, as the intra-observer variability is very 
low (within the 2% of the mean), and the trends in the results are consistent with 
previous studies in humans and animals. 
 
7.4.3 Summary and Future Work 
This study has demonstrated that it is now possible to make an accurate volumetric 
assessment of normal fetal brain development in utero using SVR. Within the 
gestational age range studied, a logistic increase in the volume of the cerebral 
parenchyma and cerebellum as well as 1D measurement including head 
circumference, biparietal diameter and transverse cerebellar diameter has been 
observed. Therefore, a Verhulst model has been proposed and it fits the data over 
the entire gestational age studied closely– this implies that at the initial stage of this 
period, the growth is approximately exponential; then a saturation begins and the 
growth gradually slows down to eventually stop growing when reaching maturity.  
 
Although having been used widely to describe many examples of ecological and 
population growth, the Verhulst model has been first presented here to describe the 
biometric measurement of human brain development. According to the exceptional 
high fitting correlation and very low reduced chi-square fitting residual error, the 
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Verhulst model indeed succeeds in capturing the characteristics of human brain 
growth in 3D volumetric parameters. 
 
One application of the volume data gained from this study could be considered as a 
reference in clinical fetal medicine to determine whether a fetus is developing 
within the normal range. The volume measures are more relevant and sensitive to 
certain pathologies, e.g., agenesis of the corpus callosum and ventricular dilation, 
compared to 1D measurements. Moreover, this can also pave the way to more 
detailed studies of specific regions like cerebellum and sub-cortex that could allow 
further analysis of both normal and abnormal fetal development.   
 
This work should be extended by increasing the sample size, so that larger subsets 
of male and female fetuses can be analyzed independently, and any ethnic 
variations in brain size can be revealed. 
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Chapter 8 
Conclusions and Future Works 
Despite the enormous advances achieved in imaging subjects who cannot comply 
with the standard requirement to stay still during MRI examinations, this area 
remains technically challenging. This thesis has addressed some of the issues that 
need to be addressed to achieve successful examinations under these challenging 
conditions. The approach taken has been to operate in image space rather than from 
the k-space. In this chapter, the main contributions of this thesis are summarized, 
and novel areas for future works are discussed.   
 
8.1 Conclusions 
To achieve high resolution 3D images of the moving subject, an approach has been 
developed that uses multiple overlapped dynamic single shot slice by slice imaging 
combined with retrospective alignment and data fusion to produce self consistent 
3D volume images. We term this method Snapshot MRI with Volume 
Reconstruction or SVR; details of its method and its implementation are presented 
in Chapter 4. The SVR method has been performed successfully for brain studies 
on subjects that cannot stay still, and in some cases were moving substantially 
during scanning. For example, awake neonates, deliberately moved adults and, 
especially fetuses, for which no conventional high resolution 3D method is 
currently available. Fine structure of the in-utero fetal brain is clearly revealed for 
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the first time and substantial SNR improvement is realized by having many 
individually acquired slices contribute to each voxel in the reconstructed image.
The SVR method has been further extended to correct motion artifacts from 
conventional multi-slice sequences when the subject drifts in position during data 
acquisition. As detailed in Chapters 4-5, The SVR concept allows robust 3D brain 
imaging in the face of both mild and severe subject motion. The imaging strategy 
can be chosen to suit the subject and since multi slice sequences are used, there is 
flexibility in contrast. 
  
Besides anatomical imaging, the SVR method has also been extended to DTI 
imaging of moving subjects as explained in Chapter 6. This has been validated 
successfully on an adult who was deliberately moving and then tested on in-utero 
fetal brains, for which no conventional high resolution 3D method is currently 
available. Excellent high resolution fetal brain 3D Apparent Diffusion Coefficient 
(ADC) maps have been achieved for the first time as well as promising Fractional 
Anisotropy (FA) maps. 
 
The SVR method has been applied to an initial quantitative study of in-utero fetal 
brain development using reconstructed data from 20 normal fetuses as detailed in 
Chapter 7. Measurements were obtained for total brain (cerebral and cerebellum) 
volumes as well as one dimensional measurements including head circumference 
(HC), biparietal diameter (BPD) and transverse cerebellar diameter (TCD). A new 
Verhulst model was used to fit the volume data and found to closely depict the 
changes with gestational age than previous linear or mono-exponential models. A 
correlation coefficient of over 0.99 between the fitted model and actual data has 
been achieved. 
 
8.2 Future Works                           204                       
 
8.2 Future Works 
The capability to observe the fetal brain in-utero using both anatomical images and 
diffusion tensor images of high resolution and high contrast provides a new 
opportunity to study the developing human brain and will allow direct detailed 
comparison between pre-term and post partum brains for the first time. This is 
likely not only to be a very valuable clinical tool, but it will also empower studies 
employing volumetric, morphometric and tractographical approaches that may lead 
to new insights into the process of human brain development. 
 
8.2.1 Volumetric and Morphological Studies of in-utero 
Fetal Brain Development 
Although, developing patterns have been depicted with very high fitted correlation 
as described in Chapter 7, it is crucial to increase the size of the study group ideally 
to over a hundred normal subjects. Then, more convincing in-utero fetal brain 
development trends could be drawn to further assist perinatal assessment. 
 
Besides, volumetric studies for certain pathology like the agenesis of the corpus 
callosum can be also performed. 
 
Morphological studies especially analysis of cortical development would be highly 
valuable as well. Human brain development proceeds rapidly in the 3rd trimester of 
pregnancy. There have been many studies focusing on preterm infants. These 
studies have shown that such neonates appear to be vulnerable to disruption of their 
developmental processes and are at high risk of cognitive and behavioral 
impairment during childhood and adolescence (Marlow et al., 2005; McCormick et 
al., 1996; Hack et al., 2002). Abnormal development of the cerebral cortex and 
cortical connectivity has been suggested as a major neurological correlate of 
neurodevelopmental abnormalities following preterm birth (Peterson et al., 2003; 
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Isaacs et al., 2004), and clinical studies have shown reduced cortical growth, 
decreased thalamic volume and diffuse white matter (WM) abnormalities in 
preterm infants at term-equivalent age (Kapellou et al., 2006; Boardman et al., 
2006; Woodward et al., 2006; Counsell et al., 2003). Many researchers are now 
engaged in detailed morphometric analysis of brain growth in order to understand 
the nature of these neurodevelopmental abnormalities.  
 
An automatic cortex segmentation and reconstruction method that specifically 
targets neonatal MRI (Xue et al., 2007) has been developed in this department. It 
has been tested successfully on 25 neonates from a wide range of gestational age: 
27 to 45 weeks using the T2 weighted imaging acquired with ssTSE sequence at a 
3 Tesla scanner. Although the image quality, mainly the grey matter / white matter 
contrast, is much better in the ex-utero neonatal scan at 3 Tesla than that from in-
utero fetal scan at 1.5 Tesla, it seems quite possible that this method could be 
extended to segment and reconstruct the fetal cortex using SVR data. Then, 
morphometry statistics of cortical surfaces, e.g., cortex volume, surface area, mean 
curvature and thickness, could be computed based on the obtained cortical 
geometric representation. 
 
8.2.2 Improvements to in-utero Fetal Brain DTI 
Diffusion tensor imaging (DTI) offers the potential for studying micro-structural 
development of the brain. It has been widely used in both adult (Moseley, 2002) 
and neonatal studies (Partridge et al., 2005; Counsell et al., 2007), particularly for 
tractography studies to study the tracks and connections between brain structures. 
Despite the excellent results from ex-utero moving brains presented in Chapter 6, 
the in-utero fetal brain DTI still requires a lot of improvement. 
   
One of the most crucial issues is how to improve the diffusion weighted image 
quality of the in-utero fetal brain. Diffusion weighted imaging is extremely 
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sensitive to any kind of motion, not just the random water diffusion motion which 
actually generates the contrast we need. Other bulk motions that cause artifacts, 
and can even corrupt entire slices include both the involuntary fetal motion and the 
mother’s respiration. Reducing the impact of these motions by using motion 
compensation sequences could help improve the image quality. Initial trials using 
bi-polar diffusion gradient (Alexander et al., 1997) is being explored. By using a 
pair of identical bi-polar diffusion gradient of the same polarity on each side of the 
180o refocusing pulse in the spin-echo DTI sequence, the effect from first order 
motion can be eliminated, i.e., motion with constant velocity. However, this will 
result in an increase of the diffusion gradient duration for the same b-value using a 
fixed maximum gradient strength. Thus the echo time has to be increased as well, 
and this may cause the sequence to be more vulnerable to motion.  
 
As yet the use of bi-polar gradients has not produced a net benefit in image quality 
in this application. This may in part be because bi-polar gradients require use of a 
longer echo time and so degrades  SNR, which for in-utero fetal DTI is already 
much lower than for ex-utero scans because of the reasons detailed in section 6.5.2.  
Developing coils dedicated to fetal scanning may be an important step for 
achieving higher SNR over a large range of depths within the mother’s abdomen. 
  
Although all the challenging issues for in-utero fetal DTI have made the current 
FA reconstruction less robust, the ADC reconstruction is excellent. This should 
provide a very promising basis to study relationships between ADC values, which 
reflect tissue microstructure, and normal development as well as pathological 
processes in-utero. Moreover, it is extremely valuable to be able to correlate in-
utero fetal development with the ex-utero neonatal development both anatomically 
and functionally.  
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8.2.3 Extending SVR to fMRI and other Multi-Image 
Studies 
By analogy with the DTI approach detailed in chapter 6, the SVR method can be 
generalized to suit any type of MR study that requires multiple images to be put 
together to create a parameter map and where motion may damage the combination 
process. Obvious examples include fMRI, Magnetic Transfer (MT) imaging, T1 
and T2 parameter mapping, etc. 
 
Subject motion has been identified as a confounding factor in fMRI (Hajnal et al., 
1994; Friston et al., 1995). Motion correction is an accepted preprocessing step in 
the fMRI analysis pipeline. Although single shot methods are generally employed, 
so that the data is acquired one slice at a time, motion correction usually involves 
treating stacks of slices as coherent anatomical volumes. Rigid body registration is 
performed between successive slice volumes, detecting inter-stack motion but 
neglecting intra-stack motion. Slice to volume registration is a partial solution, 
which corrects each slice individually to a T1 anatomical reference volume and 
then performs a standard analysis using the relocated slices (Yeo et al., 2006). 
 
Motion correction generally requires interpolation between data points. This can 
cause problems when there is insufficient data in close spatial and/or temporal 
proximity for the interpolation, as is usually the case in the through slice direction. 
 
It is quite natural to extend the SVR idea to create a framework for dealing with 
subject motion in fMRI that incorporates motion correction and fMRI parameter 
estimation in one go, in a similar manner to reconstructing the diffusion tensor 
from moving data as detailed in Chapter 6. Initial approaches have been performed 
very recently (Wink et al., 2008). It is based on the concept that the acquired voxel 
data are valid signal measurements, but that there may not be sufficient data 
immediately adjacent in either space or time to allow reliable interpolation of data 
to correct for changes in subject position. Rather we make use of the spatial and 
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temporal continuity of the solution to allow it to be ungridded to exactly match the 
data locations. More technical details need to be focused here, like improving the 
efficiency of registration and reducing the memory load when higher order 
interpolators are used.  
 
8.2.4 Closing Remarks 
The work presented in this thesis constitutes a contribution to the field of imaging 
moving subjects. The SVR approach can operate in situations where there is 
differential motion within the field of view and can accommodate a variety of 
contrasts for anatomical as well as functional studies. It is especially suitable for in-
utero fetal imaging. The method offers new opportunities for research into the 
developing brain research and can serve as a starting point for other studies on 
subjects who cannot be imaged by conventional methods. 
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